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Preface
Originally, the work presented here was started in a collaboration

with Sapiens Steering Brain Stimulation. This company, now acquired by
Medtronic, resulted from research at Philips Healthcare that was aimed at im-
proving care of Parkinson‘s patients. Sapiens was developing a deep brain stim-
ulator with a steerable therapeutic electric excitation field. Topics of shared
scientific interest between the imaging department of the UMC Utrecht and
Sapiens included coping with susceptibility artifacts due to main magnetic field
distortions by metallic objects, heating assessment by means of MR thermom-
etry1 and MR based current measurements. All these topics involve mitigating
of even utilizing image distortions caused by an implant in MR images.

1Heating can be measured with MRI using thermometry, either relying on the tempera-
ture dependence of the proton resonance frequency or of the spin-lattice relaxation time.



List of Symbols and Abbreviations
AIMD Active Implantable Medical Device
B0 Static magnetic field
B1 Radiofrequency magnetic field
B+

1 Positively rotating radiofrequency magnetic field
DBS Deep Brain Stimulator
D Electric displacement field in coulomb per meter square(in this

context assumed to be harmonically rotating at the RF frequency)
EM ElectroMagnetic
E Electric field in V/m (in this context assumed to be harmonically

rotating at the RF frequency)
FDTD Finite Difference Time Domain
d
dt Time derivative operator
G Gradient magnetic field
M Transfer matrix
MRI Magnetic Resonance Imaging
NSA Number of Signal Averages
R Pearson correlation coefficient
RF RadioFrequency
RMS Root Mean Square
SAR Specific Absorption Rate
SNR Signal-to-Noise Ratio
S(q) Transfer function (q parametrized the trajectory of the implant)
TF Tranfer Function (always shorthand for RF electric field tranfer

function)
TM Tranfer Matrix (always shorthand for RF electric field transfer

matrix)





CHAPTER 1
General Introduction
1.1 Challenges and opportunities

In modern healthcare, medical imaging plays a crucial role. Its impor-
tance as a diagnostic tool and as a means of treatment response monitor-
ing is well established. Additionally, medical imaging is used to gain insights
in fundamental mechanisms in the human body and to unravel causes be-
hind diseases. Especially Magnetic Resonance Imaging (MRI) has proven its
value because of a superior soft tissue contrast compared to other modalities
and the possibilities to measure neurological and endovascular functionality,
metabolism, diffusion, temperature changes and many other relevant physical,
physiological and anatomical parameters. The absence of ionizing radiation
furthermore distinguishes MRI from computed tomography (CT), X-ray imag-
ing and positron-emission tomography (PET). For many suspected conditions
MRI is the modality of choice and its worldwide usage is increasing (OECD).

Due to the aging population and advances in medical device technology
the prevalence of implants is also growing [1–3]. Not everybody in this growing
patient population is able to benefit from the increased availability and capa-
bilities of MR imaging. Unfortunately, some implants are contra-indicated for
MRI exams because of hazardous interactions between the metallic structures
in the implant and the electromagnetic fields necessary to produce an MR im-
age. Conflictingly, the patient group with implants is more likely to need MRI
exams. It is for example estimated that three out of four patients with a pace-

1



Chapter 1

maker or defibrillator would benefit from an MRI scan during the lifetime of
their device [4]. Next to the challenges that are faced when using the MR as
a diagnostic modality on patients with implants also opportunities arise. The
interactions between the implant and the MR scanner cause distinct image
distortions that can be used as experimental instruments to characterize and
gain insight into these interactions. This insight led to this thesis’ aspiration
of assessing implant safety using MRI. Steps towards this goal are presented
in the upcoming chapters, but first a short review of MRI with a focus on the
electromagnetic fields and the risks associated with implants is provided.

1.2 MRI principles
The description of MRI given here will be far from exhaustive. For more

elaborate discussions the reader is referred to a wide variety of text books [5–7].
An MR scanner creates three (electro)magnetic fields to produce images of in-
ternal structures and processes in the human body. Firstly, a static magnetic
field, called B0, is applied that creates a preference for the intrinsic magnetic
moments of atomic nuclei (called spins) to be in a state of alignment with it
(see fig 1B). In nearly all human tissues the distribution of spin orientations is
skewed towards antiparallel alignment with B0 as most tissue types are weakly
diamagnetic [8]. A net bulk magnetization is created. The spins will further-
more precess around B0 with a frequency proportional to the strength of the
magnetic field. This phenomenon is called Larmor precession and the frequency
of precession is called Larmor frequency. For magnetic field strengths typically
used (1.5, 3 or 7 tesla) the Larmor frequency of protons is in the radiofrequency
(RF) range (e.g. 64, 128 or 298 MHz).

Secondly, a radiofrequency electromagnetic field is applied with a mag-
netic component rotating at this Larmor frequency, called B1. Its projection
onto the positively rotating transverse plane (in the convention with B0 in the
z-direction) at the Larmor frequency results in stationary component in this
frame, called the B1+ field. The B+

1 applies an effective torque to tip the net
magnetization away from the direction of B0 (as shown in fig 1C). The strength
of B+

1 field is several tens of microteslas. Subsequently, the magnetization when
tipped away from B0 will like the individual spins exhibit Larmor precession.
This rotating magnetization generates a time-varying magnetic flux outside the
patient which is picked up as a MR signal by a detection coil through Faraday
induction.

Lastly, magnetic gradient fields with a spatially varying field strength up
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General Introduction

Figure 1.1: The principle behind MRI in the classical picture. The unordered spins of for
example water protons align parallel or antiparallel with an external magnetic field to form a
net magnetization. In figure B a magnetic field in the z-direction of magnitude B0 is applied.
The spins will start to precess around the main magnetic field direction. This phenomenon
is known as Larmor precession. An RF pulse can be used to tilt the magnetization away
from the B0 direction which in turn will start to precess. This creates a measurable rotating
magnetization as shown in C. Gradients are used to encode the signals spatially by making
ω a function of spatial location, e.g. ω(⃗r).

to tens of militelsas per meter are used to locally change the rotation frequency.
This spatially encodes the MR signals, which is necessary to create images.

1.3 Safety aspects of the three magnetic fields of an MRI
scanner
Because the B0 field is static, safety concerns mainly relate to forces and

torques on ferromagnetic objects. Fatal MRI incidents with oxygen cylinders [9]
and vacuum cleaners [10] that turned into projectiles when brought accidentally
into the vicinity of an MR scanner have happened [11]. In the absence of
metallic objects, the B0 field induces only minor effects in the human body.
Physiological effects like blood pressure changes due to hydrodynamic forces
caused by the Lorentz force on the moving blood in our veins and arteries
do occur, but have been proven insignificant [12–14] and remain unnoticed.
Nausea and vertigo are well-known and temporary effects [15] caused by motion
of the vestibular system in the static magnetic field when moving the patient
into the scanner. Despite their unpleasant nature they are not considered a
serious safety concern.

The gradient fields add a relatively small component to the B0 field. Still,
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Chapter 1

the dynamic nature of the gradient fields introduces new safety considerations.
The gradient can switch polarity in less than a millisecond with slew rates up
to 200 T/m/s to make rapid spatial encoding possible. The currents that run
in the gradient coil change orientation to switch the polarity of the gradient
field. The Lorentz forces on the conductors carrying these currents in the B0
field will also change direction. This results in vibrations of the gradient coils
resulting in loud noises [16], sometimes exceeding 130dB [17], characteristic to
MRI. To avoid noise induced hearing loss [18] the mandatory ear protection
is simple solution. More importantly, A time varying magnetic field, like the
gradient and RF field, cannot exist without an electric component. This is
stated by Faraday’s law of induction:

˛
C

E⃗ · d⃗l = −
‹

V

dB⃗
dt d⃗l (1.1)

In this equation B⃗ stands for the time varying magnetic field with field lines
going through a surface S. On any closed contour C within this surface, an
electric field E⃗ will be present. The incident time-varing magnetic field that
the gradient coils create will produce electric fields in the body that can lead
to electric potential differences across nerves. If these potentials become high
enough nerves can be activated leading to muscle contraction. The threshold of
cardiac or respiratory stimulation is not reached in commercial systems [19] and
only the peripheral nerves are stimulated unintentionally due to the enforced
operational limits (for example in the US, the gradient slew rate limits are set
at 200 T/m/s). Unintended peripheral nerve stimulation, like the loud noises,
nausea and vertigo, can hence be uncomfortable, but do not pose a serious
safety threat.

Equation 1 also dictates that the time-varying RF B1 field has an as-
sociated electric field component. The RF magnetic field, being about 1-20
µ T (three orders of magnitude weaker than the gradient field), changes five
orders of magnitude more rapidly. Hence, its associated electric field is one
to two orders of magnitude stronger. The physiological response of nerves for-
tunately is too slow for unintended stimulation. Nonetheless, another effect
associated with electric fields is more pronounced. When an electric field, is
present in a conductive medium, currents are induced that deposited energy
through collisions of the moving charged particles within the medium. This
energy deposition will result in what is known as ohmic heating. Human tis-
sues are (poorly) conductive in the considered RF frequency regime and hence
exhibit ohmic heating. For frequencies above ~1GHz dielectric heating due to
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dipole rotations and vibrations become relevant, but the role of this effect in
MRI is minimal.

Limitations on the electric fields that RF coils produce in a subject are
formulated to restrict the maximal whole-body temperature rise to 1 degree
Celsius. The amount of power deposited by an electromagnetic field in the
100kHz to 10GHz range in a volume of conductive tissues is described by the
so-called specific absorption rate (SAR):

⟨SAR⟩ = 1

V

ˆ
SAR(⃗r)dV =

1

V

ˆ σ(⃗r)
∣∣∣E⃗(⃗r)

∣∣∣2
2ρ(⃗r)

dV (1.2)

In this equation σ(⃗r) is the electrical conductivity of the medium permeated
by an electric field with magnitude of E. The density of the medium is ρ(⃗r)
and the volume over which the SAR is calculated is V . Common integration
volumes are taken to be the entire body (whole body SAR) or by 1g or 10g
total mass for local SAR. General local and global limits for human expo-
sure to RF fields are given by the International Commission of Non-Ionizing
radiation protection [20]. MRI specific guidelines have been formulated by the
International Electrotechnical Commission (IEC 60601-2-33) on the maximal
averaged local and global SAR a patient is allowed to receive. Abiding these
regulations, with global SAR restrictions for volume transmit coils and both
local and global restrictions for local transmit coils, ensures that no harmful
tissue heating occurs anywhere in the body of a patient due the RF fields of
the MRI system [21].

1.4 Implants and MRI
The first medical implants were used decades before MRI was invented

[22]. A distinction is made between active implantable medical devices
(AIMD), usually powered by a battery to replace or assist (neuronal) function-
ality in the human body, and passive implants. Examples of active implants
are pacemakers, defibrillators, neural stimulators and cochlear implants. Car-
diovascular stents and orthopedic implants are examples of passive implants.

Nowadays considerations about MR safety have tremendous impact on
the design of both passive and active implants. The first necessary condition
for MRI compatibility is the absence of sizeable ferromagnetic components
in a medical implant. If the materials the implant is composed of become
strongly magnetized in the B0 field the implant will be subject to forces, torques
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and vibrations that potentially cause harm to the patient. For example, iron,
cobalt, nickel and some stainless steels are ferromagnetic materials used in
medical applications, which can experience strong forces. Implants composed
of these metals are generally MRI incompatible. Also, the local distortion of the
static magnetic field due to the induced magnetization cause what is known
as susceptibility artifacts that decrease the diagnostic value of acquired MR
images. Most modern implants consist of other materials like titanium (which
can still cause susceptibility artifacts), copper and cobalt-chromium.

Gradients are less prone to produce significant forces or torques, but are
able to create vibrations and malfunctioning of devices. For AIMDs further-
more unintended stimulation or device breakdown can be an issue. Sometimes,
gradient heating is also a concern [23,24] albeit to lesser extent than RF induced
device heating. The RF field can likewise cause malfunction of an implant and
unintended stimulation. The biggest concern associated with the RF field how-
ever is heating due to currents induced inside the implant. RF induced heating
is by far the biggest safety concern and its mitigation has the biggest impact
on the design choices made by the manufacturer of AIMDs, which is shown in
figure 2.

Figure 1.2: The impact various MR related risks have on the design of deep brain stimulator.
Similar trends will be found for other AIMDs with leads and guide wires.
6
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Much effort is put into making implants MRI safe(r) and into the accurate
assessment of risks associated with specific implants. The RF associated issues
are hardest to avoid. The heating is a result of induction of unintended currents
in the conductive parts of the implants. Avoidance of the use of conductive
materials is for many implants impossible in view of the functionality of the
device. Active devices often rely on the delivery of therapeutic or signaling
currents that are customarily transmitted through conductive wires towards
electrodes. Especially these elongated conductive structures, characteristic to
AIMDs are problematic and are known to potentially cause hazardous RF
heating during MR exams. This RF risks are summarized in an implant specific
MR unsafe or conditional labels which respectively lead to a contraindication
for MR exams or define safe operational transmit power limits for the MR
scanners. Such MR conditional labels define the operational limits in terms of
SAR and B1 for the MR scanner that guarantee safety of the patient.

1.5 RF heating of AIMDS
Especially elongated structures like guide wires [25] and leads from im-

planted pacemakers [26], ECGs [27] and deep brain stimulators [28, 29] have
shown a capacity cause local tissue heating. Temperature rises of up to 48°C
and 20°C degrees have been reported in phantom [30] and pig [26] experiments
for guide wires and pacemaker leads respectively. The mechanism behind RF
heating is well understood. When a conductive structure is exposed to an
electric field, currents will be induced. A current in turn can cause charge
accumulation at tissue boundaries where differences in electrical conductiv-
ity occur. This results in sharply peaked local electric fields and temperature
hotspots [25], predominantly occurring at the electrodes at lead tips of which a
situation is shown in figure 3. Contrarily to these dramatic temperature rises
patients with implanted pacemakers have been scanned without discovered ad-
verse effects [31, 32] (but only if the implant and/or the imaging sequence is
designed accordingly).

Longer implants are particularly precarious because they couple over the
entire length to the electric field causing higher potential differences generating
stronger currents. If their length become in the order of the effective RF
wavelength, there is the risk of resonance effects. This can occur for implants
that are approximately half a wavelength of the RF radiation in the surrounding
tissue or longer. If the length of an implant is smaller than half a wavelength it
is called electrically short. Because the wavelength of the 64MHz RF field (the
Larmor frequency at 1.5 T) in average human tissue is around 40 centimeters
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many AIMDs do not fall into the electrically short category. The occurrence of
resonance depends on an interplay between the incident electric field and the
way currents are damped in the implant and can form standing wave patterns,
which in turn depend on the properties of the implant [33,34], the surrounding
tissues [35], the used RF coil and the relative positions of implant, subject and
coil [25, 36–40]. Especially currents in insulated wires often present in AIMDs
are not heavily damped and support propagation with relatively little energy
losses along their length causing all energy to be deposited at the lead tip.

The growing patient population with medical implants and the increased
demand of MR access has put pressure on medical device manufacturers to pro-
duce MR safe implants or conditional labels. This triggered the formulation
of a standardized process to assess RF heating of AIMDS. This standardized
process is described in a technical specification (ISO/TS 10974) that receives
broad support from implant manufacturers, MRI vendors, operators and safety
experts. The specification aims to streamline the safety assessment to charac-
terize the heating through an implant specific conditional label.

A four tier approach is described in ISO/TS 10974. With each higher
tier the complexity of the test method increases, but so does the accuracy of
the predicted heating and thus the amount of conservative margin that needs
to be applied decreases. The lowest tier is most easily performed but makes
the biggest overestimation resulting in extremely conservative scanning restric-
tions. In tier 1, only applicable to electrically short implants, no numerical
modeling of the electromagnetic field is required. The highest possible electric
field that can occur in the body region of interest is applied to the implant
and the subsequent heating is assessed. For tier 2, which also only applies to
electrically short implants, the highest electric field in the body is replaced
by the highest electric field found at realistic implant positions. This value is
determined through electromagnetic modeling. In tier 3 the electric fields no
longer has a fixed magnitude, but a realistic distribution along the length of
the implant. The incident electric field distribution along a broad collection
of realistic implant trajectories is extracted from simulations of a representa-
tive group of subjects. To translate these electric fields into tip heating the
so-called electric field transfer function (TF) [41] of an implant is used. The
TF translates any electric field incident on an implant to a heating at a specific
location, usually the contact points of electrodes. The TF thus removes the
necessity to model the implant and MR scanner simultaneously. This, on the
other hand, is exactly what is required for the highest tier. In tier 4 a represen-
tation of all possible scenarios that can occur in clinical practice are modeled
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in concomitant numerical simulations of subject, RF coil and implant. The
high level of detail that is necessary to accurately resolve the implant together
with the size of the scanner make these simulations extremely computationally
expensive. Because tier 4 is often unfeasible, manufacturers of electrically long
AIMDs mostly resort to tier 3 for safety assessments.

Tier 3 makes it possible to do a numerical evaluation of enough situations
to create a statistical basis for general statements about the potential heating
of a certain implant. The implant characteristic TF is determined in separate
simulations of the implant only using a reduced computational domain, which
makes the required detailed modeling possible. The TF can furthermore be
measured/verified in phantom experiments [41, 42]. Currently, experimental
TF determination is only possible in homogenous liquid media in dedicated
bench setups where electric field probes are employed. To be able to make a
realistic translation to in vivo heating, a phantom liquid embedding the implant
needs to closely resemble the actual tissue electrical and thermal properties.
Nevertheless, the translation from a homogenous surrounding to a realistic
environment introduces uncertainties. Generally speaking, in all safety assess-
ments, lacking knowledge and uncertainties lead to the necessity to assume
a worst-case scenario. This inevitably results in overly stringent operational
limits for the MR scanner, which consequently leads to suboptimal care for the
patient.

The potential hazardous RF interaction between the implant and MR
scanner also result in typical distortions in the MR image. The current induced
in the implant creates a secondary RF magnetic field of its own. This secondary
RF magnetic field superimposes on the background B+

1 field and can be used
to resolve the current causing it [43–45] because MRI is able measure this
B+

1 field. As will be shown in the upcoming chapters the current induced in
the implant contains valuable information about the RF interaction and the
heating potential it has.

1.6 Thesis outline
In the next chapters methods will be explained to measure the TF with

MRI. In chapter 1 the implant is modified into a transmit and receive antenna.
The current induced in this antenna, which can be determined with MRI, will
directly reflect its TF. Even though this method can be used to determine the
TF in nonhomogeneous media and solids the modifications that are necessary
to change an implant into a transceive antenna limit its practical applicability.

9
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Figure 1.3: An example of the localized electric field enhancement around the lead tip of
a deep brain stimulator. The enhancement will result in local heating. The ‘displacement
field’ D = ϵE describes the electric field in a medium together with its influence on free and
bound charges in it. In the right (counter-clockwise) circularly polarized component of the
RF magnetic field, i.e. B+

1 , clear field enhancements and voids are visible.
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It allows exploration of the effects of realistic surrounding media, but is not
applicable for actually implanted devices.

The methodology hence is modified and extended in chapters three and
four to make scanning with the RF coils used in clinical practice possible. The
alterations to the implant are no longer required. Because the RF electric fields
generated by MR coils are not localized and will always generate an exposure
over the entire length of the implant a generalization of the TF was necessary.
This extension, named transfer matrix (TM), is introduced in chapter 3. It
relates an incident electric field distribution along the length of the implant
to an induced current distribution. For bare and (partially) insulated wires
an analytical description of the TM is derived by using a transmission line
model. If the current in the implant is known, which we can measure with MRI,
together with the electric field which can be determined through simulation
for a known experimental setup the TM can be determined. This is shown in
chapter 3. The knowledge of the electric field, attained through electromagnetic
simulations, can only be acquired if the geometrical and dielectric properties
of setup are known.

Because this generally is not the case, the method is extended further
in chapter 4. Here, the electric field is determined from field distributions
that can be measured with an MRI. Still, two assumptions are necessary that
will introduce inaccuracies in vivo, but these assumptions are not central to
the presented idea. The fully MR based method for TF determination in a
phantom experiment presented in chapter 4 brings in vivo TF determination
closer to reality. The last chapter dives deeper into the descriptive potential of
the transfer matrix.
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CHAPTER 2
MRI-Based Transfer Function
Determination for the
Assessment of Implant Safety
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Bakker, Jurriaan F.
van den Berg, Cornelis A.T.

The following chapter is based on:
MRI-Based Transfer Function Determination for the Assessment of Implant
Safety, 2017, Magnetic Resonance in Medicine ; 78: 2449-2459
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Abstract

Purpose We introduce a new MR‐based method to determine
the transfer function (TF) for radiofrequency (RF) safety assessment
of active implantable medical devices. Transfer functions are im-
plant‐specific measures that relate the incident tangential electric field
on an (elongated) implant to a scattered electric field at its tip. The
proposed method allows for TF determination with a high spatial res-
olution in relatively fast measurements without requiring dedicated
bench setups from MR images.

Theory and Methods The principle of reciprocity is used in con-
junction with the potential to measure currents with MRI to deter-
mine the TF. Low‐flip angle 3D dual gradient echo MRI data is ac-
quired with an implant as transceive antenna, which requires minimal
hardware adaptations. The implant‐specific TF is determined from
the acquired MRI data, with two different postprocessing methods for
comparison.

Results TFs of linear and helical implants can be determined
accurately (with a Pearson correlation coefficient R ≥ 0.7 between
measurements and simulations, and a difference in field at the tip
∆Etip ≤ 19%) from relatively quick (t = 20 minutes) MRI acquisi-
tions with (several) millimeter spatial resolution.

Conclusion Transfer function determination with MRI for RF
safety assessment of implantable medical devices is possible. The pro-
posed MR‐based method allows for TF determination in more realistic
exposure scenarios and solid media.
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TF determination using an implant as an antenna

Introduction
The patient population with active implantable medical devices (AIMDs),

like pacemakers and deep brain stimulators (DBS), is rapidly growing [2, 46].
This patient group more often needs to undergo MRI examinations. For ex-
ample, the fraction of patients with a pacemaker or defibrillator that would
benefit from an MRI scan during the lifetime of their device is estimated to be
three out of four [47]. Hence, assessment of MRI‐safety of implants is necessary
and of growing importance.

Elongated AIMDs often contain metallic structures that potentially in-
teract with the magnetic fields used in MRI and with their associated electric
fields [48]. Forces and torques acting on elongated implants, like pacemakers
and DBSs, related to the main magnetic field are minor safety issues due to
the relatively small content of magnetic materials in these types of implants.
The same applies to vibrations induced by switching gradients.

For elongated AIMDs, the electric field component of the rapidly
time‐varying radiofrequency (RF) fields provokes the gravest safety risk. This
electric field can drive currents in conducting structures during MRI exami-
nations. These currents subsequently result in charge accumulation that can
become particularly large when currents encounter impedance transitions, for
example, at the endings of elongated conducting structures. The accumu-
lated charges cause local and sharply peaked electric fields and consequently
high‐energy absorption, that is, high local specific absorption rate levels, in
proximate tissue. This energy absorption may lead to dangerous tissue tem-
peratures at the tips of elongated structures, for example, the electrode of an
implanted pacemaker or DBS lead [?, 49]. Logically, much effort has been put
into the manipulation of the electric fields to reduce heating [50–52]. Nonethe-
less, scanning patients with elongated AIMDs is currently contraindicated by
most MRI and implant manufacturers, otherwise only conditional safety is
guaranteed by imposing severe restrictions on certain scan parameters.

MRI safety (or conditional MRI safety) of an implantable medical device
is established by extensive computational investigations alongside experimental
studies. Radiofrequency safety assessment by means of brute force numerical
simulations of a patient with an AIMD in the MRI is problematic due to the
large dimensional difference between the relatively small (often submillimeter)
geometrical resolution necessary to accurately model the implant and the size
of the human body or the entire MRI environment. Hence, four complementary
alternative approaches have been formalized as a four‐tier approach in technical
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International Organization for Standardization/Technical Specification 10974
[53]. Each higher tier results in additional computational and/or experimental
effort but a reduction in overestimation of the temperature rise around the
implant. A full computational approach is the fourth tier of this technical
specification. This method leads to minimal overestimation of the tip heating,
but the concomitant computational efforts are elaborate, extensive, and often
unfeasible.

In contrast to the fourth‐tier approach, the lower tiers require the use of
the transfer function (TF) of the implant [54] by exploiting localized nature
of tip heating. The TF is an implant characteristic that relates an incident
tangential electric‐field distribution along the trajectory of an implant to the
resultant scattered electric field at the tip of the implant, which drives local
heating. It is widely used to assess MRI safety of elongated metallic implants
[53].

Present day experimental methods to validate numerically computed TFs
rely on a cumbersome technique using a specially designed bench setup that
only is applicable in liquid‐filled phantom studies. A localized electric field is
sequentially applied along the implant, and the TF is determined from subse-
quent measurements of the resultant electric field at the lead tip. One challenge
this technique encounters is the accurate placement of electric field probes and,
even more experimentally challenging, the application of a narrow tangential
excitation electric field that defines the geometrical resolution of the TF mea-
surement. In theory, an infinitesimal electric excitation field would be required
for a correct observation of the TF. Typical setups use a small loop or ca-
pacitor, but stray fields are inevitably present, leading to a convolution of the
excitation field with the TF in the measurement result. A second challenge is
the application of an excitation field at or nearby the tip of an implant while
monitoring its response at the same location. This often results in a measured
TF with undetermined behavior close to the tip.

It recently has been shown [47], by using the theorem of reciprocity in
conjunction with the Huygens Principle 13, that a reciprocal approach also
can be employed to determine the transfer behavior of an implant. When a
voltage or current source at the tip of an implant is applied, the consequential
tangential electric field profile along its trajectory, or equivalently the resultant
current distribution through the implant, is the TF after normalization.

Based on this observation and the possibility to determine currents with
MRI measurements [45, 55, 56], we present an alternative method to measure
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TF determination using an implant as an antenna

the TF of an implant. We use two (complementary) alternative postprocess-
ing methods to map currents from MRI data; both able to determine TFs
with high spatial resolution. These MRI‐based methods overcome some of the
experimental challenges that conventional TF determination techniques face
and, most prominently, can be used to explore more realistic exposure scenar-
ios. The alternative method has the potential to be used in animal tissues,
human cadavers, or other heterogeneous media in which conventional methods
are inapplicable.

Methods
Firstly, we will repeat the theoretical principles underpinning the TF and

introduce how this implant characteristic can be determined with MRI acqui-
sitions. Secondly, we will introduce two methods to determine TFs in EM
simulations. The first method is analogous to the conventional experimental
method and uses the application of a sequentially repositioned localized tan-
gential field along an implant to determine its TF. The second method relies
on a localized excitation at the tip of an implant to determine its TF and con-
firms the validity of this reciprocal approach. Lastly, we will explain how the
reciprocal approach is applied experimentally and how the acquisition of the
MRI data from which TFs are determined is performed.

Theory
The scattered electric field E⃗s, at a point r⃗ in the proximity of a tip of

an implant as a function of the unit tangential incident field Etan along an
implant of length L, whose trajectory is parametrized by q, can be described
12 by

E⃗s(⃗r) = E⃗tip(⃗r)

ˆ L

0

S(q)dq (2.1)

In this equation, S(q) is the TF. It is a complex weighting function that deter-
mines how the tangential electric field at position q contributes to the field at
the tip. A graphical display of the concept of the TF is shown in 2.1. In this
description, the dimensionless spatial pattern of the field distribution around
the tip, E⃗tip(⃗r) is assumed to be geometrically independent of the incident
field.

The TF describes how secondary electric field contributions around the
tip of an implant arising from electric fields tangentially incident along the
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Figure 2.1: A graphical display of the concept of the transfer function. A tangentially incident
electric field Etan contributes to a scattered electric field that is particularly focused at the
tip of elongated structures. This process is described by an implant specific characteristic
called the transfer function.

implant superimpose in a complex fashion. The phase of the TF is a measure
of the retardation that a current undergoes propagating from a position q to the
tip, and its magnitude is a measure of the attenuation during this propagation.
Relying on the principle of reciprocity, the inverse process is described likewise
by the TF [47]; that is, the electric field, and thus the current distribution in
an implant excited by an infinitesimal source at the tip, also is described by
the TF.

This reciprocal approach will be utilized alongside, with the possibility
to image currents with MRI techniques [45, 55–57] to determine the TF of
an implant in a single measurement. The current‐carrying implant, excited
at the tip by a coax cable, is used as a transceive antenna during the MRI
experiment. The current distribution, which reflects the TF of the implant,
produces a magnetic field according to Ampère’s circuital law:

˛
C

B⃗ · dl =
¨ (

µ0J⃗ + µ0ϵ0ϵr
∂E⃗

∂t

)
· dS⃗ ≈ µ0Ienc (2.2)

In this equation, C describes a closed contour around which the magnetic
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field B⃗ is proportional to the electrical and displacement currents through its
enclosed surface S. The last approximation, where Ienc is the current the wire
carries in the enclosed surface, especially holds close to the current‐carrying
wire because the contribution of the displacement current will be negligible. In
this quasi‐static approximation for wires parallel to the main magnetic field,
we simply find the Biot‐Savart law

B⃗ =
µ0Ienc
2πr

ϕ̂ := Bϕϕ̂ (2.3)

where ϕ̂ is the azimuthal unit vector in the cylindrical coordinate system with
its z-axis parallel to the static magnetic field.

If this magnetic field is used as the transmit field, in an MRI acquisition,
the transverse magnetization generating a spoiled GRE MR signal is propor-
tional to the current in the implant assuming a low flip angle approximation.
Subsequently, if the implant is likewise used as a receive antenna the final
detected MR signal Smeas is squarely dependent on the enclosed current [58]:
i.e.,

Smeas ∼ B2
x +B2

y ∼ B2
ϕ ∼ I2enc (2.4)

Note that Smeas and Ienc are complex quantities. Hence the current distribu-
tion in the implant can be deduced from the acquired MR signal.

MR-Based Transfer Function Determination
We will use two post-processing methods on the MRI data to determine

the induced currents in and subsequently the transfer functions of elongated
implants. The first method relies on a least squares approximation of the
signal by using the law of Biot-Savart. The second method uses loop integration
around the implant to determine enclosed currents based on Ampère’s circuital
law (a specific version of the Biot-Savart law).

The first method relies on the fact that the RF magnetic fields (B1) are
directly proportional to the current running through the implant according to
the Biot-Savart law in the quasi-static approximation for the fields in the direct
vicinity of the implant,

B⃗implant(⃗ri) =
µ0

4π

ˆ
C

I(q⃗j)d⃗q × r⃗i

|ri|3
≈ µ0

4π

N∑
j=1

Ij d⃗qj × r⃗i

|ri|3
(2.5)

The last approximation is a simple transformation of the integral into a Rie-
mann sum by discretization of the current trajectory into small line segments,
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d⃗qj . These segments are assumed to be small enough to carry a constant cur-
rent Ij . In this equation, ri, is the spatial coordinate describing the magnetic
field pattern which is discretized by the positions of the voxels comprised in
the MRI data.

The x- and y-component of the magnetic field in the scanner coordinate
system (a coordinate system with z-axis parallel to B0), that are proportional
to the current in the wire, determine both the transmit and receive fields. The
square of the current in each line segment can be determined from the MRI
signal with the following linear least squares minimization assuming the low
flip angle approximation is valid:

argmin
Ĩews∈CK×1

∥∥∥MBSM Ĩews − Smeas

∥∥∥ (2.6)

where,
(MBSM )ij = B+

1 implant(⃗ri,dqj)B−∗
1 implant(⃗ri,dqj) (2.6a)

and,

Ĩews =


I21
I22
...
I2N

 . (2.6b)

B+
1 implant(⃗ri,dqj) and B−∗

1 implant(⃗ri,dqj) are the transmit and receive fields
per unit current respectively, i.e. the fields per unit current in each line seg-
ment, that are the counterclockwise and clockwise circularly polarized com-
ponents of the magnetic field in equation ?? respectively. Their product is a
matrix describing the contribution of each current segment on an elongated
implant to the signal in each voxel which from now will be called the Biot-
Savart Matrix (BSM). Its ith row describes how the ith current segment gives
a weighted contribution to the signal in every voxel. Likewise, its jth column
describes how all current segments give a weighted contribution to the signal
in the jth voxel.

The resultant Ĩews is a vector containing the element-wise square of the
current in each segment that describes the discretized current distribution
throughout the wire. The current distribution is determined by the transfer
behavior of the implant and hence

√
Ĩews is a vector which gives a discretized

non-normalized version of the transfer function of the implant. This method to
determine transfer functions will be called BSM-method throughout this text.
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Method two relies on Ampère’s circuital law and simply sums the square
root of the MR signal over a closed loop around the implant to obtain a measure
of the enclosed current. For each z-slice a square loop integral at five voxels
distance from the implant position is calculated reflecting directly the current
component (Ienc(z) ), normal to the integration plane, which in turn reflects
the transfer function. For this method that from now on will be called loop
integral (LI) method, it is important to note that a projection takes place
onto the direction of the main magnetic field B0 as the current is derived from
transverse RF magnetic fields. In the experiments it was assured that the
implants were aligned along z, i.e. parallel to the main magnetic field and the
integration plane was taken in the transverse xy-plane.

Simulations
When comparing electromagnetic finite difference time domain simula-

tions (Sim4Life, ZMT, Zurich, Switzerland) with experimental results generic
implants were embedded in a PMMA elliptical phantom model with a size of
600x400 mm, 200 mm radius, 90 mm liquid depth as shown in figure 2A. The
dielectric properties of the phantom filling liquid corresponded to those of the
saline doped with copper sulfate that was used in experiments. As implants
three insulated (0.45 mm PVC) and three bare copper wires with a 2.5 mm
diameter of 10, 20 and 30 cm length were used that were available for exper-
iments. For the insulated wires 1 cm of insulation was removed to reproduce
implants used in previous studies [41, 47] and allow for comparison with their
presented results. To investigate the applicability of MR based TF determina-
tion for helical structures, that are often used in elongated implants to mitigate
heating [19], a left handed helical wire was devised and simulated. It consisted
of a bare copper wire with a 2.5 mm wire diameter, that was wound with a 2.5
mm helix inner diameter, a 5 mm pitch and an axis length of 10 cm.

When comparing the two different simulation techniques to determine
the transfer functions, the implants were embedded in a background with the
experimentally determined dielectric properties of the phantom filling liquid,
using a dielectric assessment kit (DAK-12, SPEAG, Zurich, Switzerland) and a
network analyzer (R&S ZNC3). The bare and insulated implants were gridded
with a 0.15 mm isotropic resolution in the plane perpendicular to the major axis
of the implant and a 0.5 mm resolution along the length of the implant. The
helical implant was gridded with a 0.1 mm isotropic resolution. The harmonic
simulations had a simulation time of 5 periods, absorbing boundary conditions
and were terminated when a -50 dB convergence level was reached.
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Figure 2.2: The simulation (A) and experimental (B) setup used to determine TFs. A generic
implant excited with a coax cable is placed in an elliptical ASTM phantom and used as a
transceive antenna in an MRI experiment.

The piecewise excitation method
To achieve a localized tangential electric field incident on the generic

implants two counter propagating thin plane wave box sources of 10 cm x
10 cm x 0.5 cm with opposing magnetic and aligned electric fields are used
as shown in figure 2.3. Note that the width of the boxes determines both
the geometrical resolution of the numerically computed transfer function and
the number of simulations required to compute it. This setup of plane wave
sources ensures the implant is exposed to a nearly purely tangential electric
field excitation. The magnitude of the electric field component parallel to the
implant, which is 1.3V/m, exceeds the perpendicular components by at least
four orders of magnitude. The magnetic field is zero up to numerical accuracy
at the location of the implant due to the destructive interference of the magnetic
components of the plane waves. The position of the plane wave boxes is varied
along the length of the implant and the resulting electric field at the tip is
monitored to determine the transfer function. This approach will be called the
piecewise excitation method (PWE) throughout this paper and resembles the
current day experimental practice.

The effect of simulation grid resolution on simulation outcome has been
checked for all PWE simulations. The simulation grid resolution plays a
more important role for the insulated wires because the thickness and shape
of the insulation and hence the loading of the implant changes with vary-
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ing grid settings. Iterative transfer function simulations with increasing res-
olution showed convergence at 0.15 mm resolution perpendicular to the ma-
jor axis of the insulated and the bare implants. Therefore, this resolution
was used throughout all simulations. To accurately voxelize to the com-
plex geometry of the helical wire a 0.1 mm isotropic resolution was used.

Figure 2.3: The Piece Wise Excitation (PWE)
method in the simulation domain. Two nar-
row electromagnetic plane wave sources with
opposing magnetic fields and aligned electric
fields are used to create a localized tangential
electric field excitation.

The coax excitation method
As was stated earlier the trans-

fer function of an implant can also
be determined with a reciprocal ap-
proach by exciting the implant at the
tip and monitoring the resultant tan-
gential electric fields or equivalently
the current distribution throughout
the structure. Both in experiments
and in simulations the excitation at
the tip of the implant was created
by geometrically connecting it with
the inner conductor of a coaxial ca-
ble with 0.5 cm of the outer conduc-
tor removed. The coaxial cable was
simulated as a set of perfectly con-
ducting concentric cylinders with a voltage source (of 1V) positioned 15 cm
away from the implant connecting the inner to the outer conductor.

The inner conductor has a 0.25 mm radius. The dielectric interior of the
coax cable with a 0.25 mm inner and a 1.75 mm outer radius was chosen to
be polytetrafluoroethylene (PTFE), a nonconductive dielectric with a relative
permittivity of 3. The outer perfectly conducting shell had a thickness of 0.25
mm and the coax was insulated with a 3 mm thick polyethylene layer. A cross
section of the model of the coax cable can be seen in figure 2.2A.

Experiments
The MR-based TF determination method was employed to measure the

TF of seven generic structures described before. Some of the TFs of the bare
and insulated wires are known from literature [41, 59, 60] and the 10 cm in-
sulated wire is similar to a test implant described in safety standards [53, 61].
Therefore the TFs of the linear implants facilitate the validation of the pro-
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posed experimental method. The helical wire was included in this study to
test the method for a more complex geometry that is often found in elongated
implants.

For each measurement, one of the seven wires is soldered to the inner
conductor of a partially stripped coax cable. This cable is attached to an
ODU-connector with appropriate circuitry for coil identification. As such, this
assembly can be used as a transceive antenna on a 1.5 T MR Scanner (Achieva,
Philips Healthcare, Best, The Netherlands). The implants were positioned in
an elliptical phantom (shown in figure 2.2B) filled with saline with conductivity
σ = 0.47 S/m and with relative electrical permittivity ϵr = 78. Copper(II)
sulfate was added to the saline (5mM) to reduce T1 therewith enhancing the
SNR for the used MRI sequence.

For each implant 3D spoiled gradient echo MR images, with 1 mm
isotropic resolution and 2◦ nominal flip angle to ensure the validity of the low
flip angle approximation, were acquired. An example of a single slice is shown
in figure 2.4 in the results section. The number of sample averages (NSA) was
increased until sufficient SNR was reached upon visual inspection. The phase
of the transceive field, was determined with two dual echo gradient sequences
with opposite readout polarities to correct for eddy current contribution [62].
In order to maximize the SNR the echo times were kept as short as possible.
The phase induced by main magnetic field inhomogeneities was corrected us-
ing the dual echo acquisition resulting in phase data that only included RF
transmit and receive contributions [62].

The implant could easily be discerned in the acquired images (figure 2.4
) and its spatial trajectory was determined with a MATLAB routine (The
Mathworks, Natick, Massachusetts, USA). Along this trajectory the current
distribution in the main magnetic field direction was determined with the two
methods described in the previous section. The fact that the signal is pro-
portional to the transceive field in the low flip angle regime, which in turn is
squarely proportional to the current, is exploited by both methods.

In the BSM- method the exact wire positions where no signal originates
from (due to the absence of phantom material) were masked from the MRI data.
The wire was discretized in 3mm line segments whereas the imaging resolution
was 1mm isotropic. Smaller line segments led to a worse conditioning of the
BSM and larger segments led to a decrease in the resolution of the determined
TF. Because the turns of the helical wire cannot be discerned accurately enough
in the MRI data its coiled nature was not incorporated in the wire discretization
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Figure 2.4: A slice of 3D spoiled dual gradient echo data (first echoTE¼2.0 ms) used to
determine the transfer function. The magni-tude image (A) acquired with a 20cm insulated
wire as transceiveantenna and the corresponding phase image (B).

for the BSM method and the helix was approximated as a linear structure.
With this simplification, we effectively measure the current component in the
z-direction.

In principle, each current segment will contribute to the signal in all K
voxels in the imaging domain, but contributions to the more distant voxels
are extremely small. If all contributions are taken into account the resultant
maximally dense BSM has a high condition number because the contributions
from current segments to voxels far away from these segments are dominated
by noise. Therefore, to increase numerical stability, the calculation algorithm
assumes that each current segment will only contribute to voxels in a sphere of
influence of 3 cm around the corresponding line segment, effectively regularizing
the BSM. In general, smaller cutoff radii led to a better conditioning of the BSM
but meanwhile reduced the amount of information in the MRI data used for
the reconstruction of the current distribution. With the regularized BSM a
least-squares minimization was applied to determine the current distribution
along the implant from the acquired MRI data which is the non-normalized
transfer function.

In the LI-method a small part of the MRI data is used in the determina-
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tion of the transfer function. Only the voxels in the square loop 5 mm away
from the wire are taken into account and their sum is proportional to the square
of the enclosed current that flows perpendicular to this surface. This method
uses less MRI data than the BSM-method and is in principle more sensitive
to the noise. This can be mitigated by computing and averaging several loops
(provided that the noise in the data has zero mean which is true for the Gaus-
sian distributed noise in the real and imaginary channel). Also for larger radii
Maxwell’s addition to Ampère’s circuital law in Eq. (2.2) might become sig-
nificant. The computed loop integral might no longer be purely determined by
the enclosed current in the wire but instead may have a significant contribution
from displacement currents. Therefore caution has to be taken when averag-
ing loop integrals. Nonetheless, the LI-method relies on a forward calculation
whereas in the BSM-method an inverse problem is solved. For this reason the
LI-method faces less numerical difficulties and accompanying instabilities.

Results
In this section we will first show simulation results verifying the validity of

the proposed experimental method. Simulated transfer functions are presented
using the two simulation techniques, described in the methods section. These
results are compared to transfer functions from literature [41], when available,
to confirm the validity of both techniques. Secondly, MRI-based experimen-
tally determined transfer functions using the two described post-processing
techniques will be presented and compared with the simulation results.

Simulations
To compare the coax excitation method with the conventional PWE tech-

nique the transfer functions of implants were determined with both approaches
in EM simulations as described in the methods section. The results of these
simulations together with TFs known from literature are shown in figure 2.5.

The TFs of insulated and bare wires of various lengths that were deter-
mined with the PWE method are shown as dotted lines in figure 5. The transfer
functions that were determined with the coax excitation method are depicted
as solid lines. The agreement between results from both simulation methods
is clear for the bare wires (fig. 2.5A), for the insulated wires (fig.2.5B) as well
as for the helical wire (fig.2.5C). A small deviation between the results close to
the tip of the implant is visible but still the magnitude of the complex Pearson
correlation coefficient R between both simulation techniques is bigger than 0.98
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Figure 2.5: Comparison between simulated transfer functions determined with the Piece Wise
Excitation (PWE) method, the coax excitation method and literature (8). The normalized
magnitude (1) and phase (2) of the transfer functions of bare (A), insulated (B) and helical
wires (C) show excellent agreement between both simulation techniques and literature.
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for all implants. The simulation results likewise show excellent agreement to
the transfer functions found in other studies [41, 59] represented as black lines
in figure 2.5 (Only TFs of the implants of 20 cm were available from literature).

The affirmed agreement provides additional evidence of the suitability
of the coax excitation method to determine the transfer function. The PWE
method is in simulations as well as in experiments more cumbersome and time
consuming. Hence the ascertained validity of the alternative reciprocal ap-
proach (shown before in [59]) can greatly benefit implant safety studies.
Table 2.1: Measurement durations and required field of views for the MRI acquisitions that were
performed for the determination the transfer function of various implants. (a) This is the scan
duration of two dual gradient echo 3D MRI acquisition performed with opposite gradient polarity.

Implant FOV (AP, Scan duration TE1/TE2/TR Imaging
FH, RL) [mm] (3D dual GE) [s] [ms] matrix (MxP)

10cm bare (30,160,40) 792 1.9/3.5/7.4 240×240
20cm bare (30,250,64) 1118 1.9/3.7/6.8 256×2256
30cm bare (25,320,80) 1156 2.0/4.1/6.6 256×2256
10cm insulated (43,150,40) 706 1.9/3.6/4.2 256×2256
20cm insulated (36,250,64) 988 1.9/3.7/10 288×288
30cm insulated (25,320,64) 1018 2.2/3.9/5.0 352×352
Helical (29,250,64) 942 1.9/3.6/5.4 256×256

Discussion
This work has shown an alternative MR-based experimental method to

accurately determine implant specific transfer functions in quick measurements.
Dedicated bench setups with successive applications of localized electric fields,
with the accompanying experimental challenges are no longer necessary. This
alternative approach merely requires the implant to be used as a transceive
antenna and allows for determination of its transfer function from the therewith
acquired MRI data. The method was shown to accurately measure transfer
functions of bare, insulated and helical copper wires up to 30 cm length in less
than 20 minutes.

The presented method can be made faster by improving the antenna
characteristics of the implant. The implant was used as a transceive antenna
without performing any impedance matching and consequently showed high
reflections. Improving the matching of the antenna will make larger flip angles
accessible (keeping the validity of the low flip angle approximation in deliber-
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Figure 2.6: Transfer Function (TF) determined using the Biot-Savart Matrix (BSM) method
showing the magnitude (1) and phase (2) of the normalized transfer function of bare wires
(A), insulated wires (B) and a helical wire (C). The experimentally determined TFs (bright
blue, green and orange) are in good agreement with the TFs from simulations (dark blue,
green and orange) with a coax excitation that correspond to the solid lines in figure 2.5. The
phase profiles are depicted with an offset from each other for clarity. For the helical wire
the 5mm mean of the current distribution is also displayed, which corresponds to the TF
determined with the PWE method.
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Figure 2.7: Transfer Function (TF) determined using the Loop Integral (LI) method showing
the magnitude (1) and phase (2) of the normalized transfer function of bare wires (A),
insulated wires (B) and a helical wire (C). The experimentally determined TF (bright blue,
green and orange) are in good agreement with the TFs from simulations (dark blue, green
and orange) with a coax excitation that correspond to the solid lines in figure 2.5. The phase
profiles are depicted with an offset from each other for clarity. For the helical wire the 5mm
mean of the current distribution is also displayed, which corresponds to the TF determined
with the PWE method.
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ation) and thereby increase SNR. This will make an MRI acquisition possible
with less NSAs and thus reduce its duration. The flip angle was kept low as
a precaution to avoid any issues with high reflected powers reaching the RF
amplifier system. These reflections can be mitigated with a matching network.
The effect of a matching network on the transfer function has to be investigated
before this improvement can be made and caution is necessary.

The poor matching of the transceive antennas is actually consider to be
beneficial for the accurate determination of the transfer functions, because this
ensures that only a small fraction of the current induced in the implant can run
back into the coax cable. If the matching is better the implant and coax cable
can no longer be seen as two approximately separate systems, which could lead
to a misrepresentation of the transfer function. So if matching is used to speed
up the measurements, corrections for the alterations of the transfer function
need to be developed. This beyond the scope of this paper and therefore we
kept using poorly matched antennas (60-80% reflected power).

Another, more easily implementable, way to increase the SNR and hence
speed up the acquisition is to employ the implant as transmit antenna but
receive with another local element. This requires the receive field to be either
known or homogeneous across the acquisition domain. This improvement was
not realized because the scanner software only allowed local receive antennas in
combination with body coil transmit to be used but not a local transmit element
in combination with a separate receive array. Both suggested improvements
can drastically speed up experimental determination of TFs.

The MRI measurement of the TF for more elongated implants requires
increasing the field of view of the MRI scanner beyond the range of accept-
able B0 homogeneity and reliable gradient performance. The TFs of longer
structures can still be determined by combining data from various scanning
positions or by bending the structure to entirely fit in a reliable field of view.
Bending of the implant away from the z-direction reduces the contribution of
the induced current to the transceive field which reduces the sensitivity of the
procedure for the non-axially aligned parts. Despite these practical challenges
the described method can be used to determine the TF of a structure of any
length.

Besides practical considerations numerical instability associated with
solving the ill-conditioned linear least squares minimization in the BSM-method
can arise. The LI-method does not face these mathematical problems. It how-
ever uses less of the acquired MRI data to determine TFs. Only the voxels
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Figure 2.8: Figure 8 To discern between B1-field contributions from the longitudinal, Iz ,
and azimuthal, Iϕ, current components in the helix, the cylindrical B1-field components are
depicted in a plane bisecting the helix. In this plane, the r- and z-component of the B1-
field are generated by the azimuthal current component in the helix; the ϕ-component of
the B1-field is generated by the longitudinal current component in the helix. The r- and
z-components of the B1 field generated by the azimuthal current in the helical wire drops of
quickly due to the cancelation of contributions from neighboring windings. The ϕ-component
of the B1 field generated by the longitudinal current component does not cancel and generates
a measurable MR signal. Just 1.5 mm away from the helix the strength of the transverse B1
field generated by the azimuthal current component is about twenty times smaller than the
transverse B1 field generated by the longitudinal current component.

that contribute to the loop integral 5 voxels away from the wire are taken into
account and for this reason this method is more sensitive to noise. The reduc-
tion in the number of voxels used for the computation of the transfer function
is also the underlying reason why it performs less adequate for the bare wires
and the helical wire where the SNR is lower compared to the insulated wires.
It even outperforms the BSM-method for some wires, but overall the perfor-
mance of the LI and the BSM method is comparable. One could improve the
LI method by performing the integration for various sized loops in parallel and
average over the outcomes. However, some caution is needed to avoid to large
loop radii. From simulations the contribution of displacement currents is de-
termined to stay below 10% for a loop less than 5 mm away from the wire. The
size of this contribution is dependent on the frequency of the RF fields and the
permittivity of the phantom material.

Scan-parameters
Concerning helical wires, it might be required to clarify why the MR

signal can be used for TF determination. The current in helical structures can
be decomposed into a longitudinal and an azimuthal component (figure 2.8a).
The azimuthal current component generates a B1 field around the wire that is
both longitudinal, and radial (note the omission of superscript plus or minus

32



TF determination using an implant as an antenna

because B1 denotes the total RF magnetic field and not only the clock wise
or counter clock wise rotating component). The radial component adds to the
transverse component of the B1 field and would therefore also be in principle
measurable. Indeed, in the direct vicinity of the wire, the radial component is
significant. However, the spatial extension of the radial component outside the
helix is negligible. This effect is visible in figure 2.8b where at 1.5 mm the radial
component becomes negligible and is caused by cancellation from neighboring
windings. The radial component decays faster if the helix is more tightly
wound and always negligible for the typically densely wound helices used in
implants. Note that also the longitudinal B1 field component does not extend
outside the helix (figure 2.8d) although the MR based method is inherently
insensitive to it anyway. Therefore, only the azimuthal B1 component will lead
to a measurable contribution to the MR signal for realistic helical implants
enabling the MR based measurement of the longitudinal current component
via the same principles as for straight wires.

Only measuring the longitudinal current component in the helical wire
gives an underestimation of the total current which may be considered a short-
coming. However, the same holds for the existing TF measurement methods.
The method using the principle of reciprocity [59] measures the longitudinal
E-field component along the helix and is therefore likewise only sensitive to
the longitudinal current component. This is equivalent to the PWE method
where only the longitudinal component of the tangential electric field effectively
induces a current along an implant. Note that also for realistic E-field expo-
sures on realistically helically shaped implants in MRI, only the longitudinal
component of the electric field can effectively induce a current along the helix
(because the wavelength is large with respect to the helix diameter, the E-field
along the azimuthal component will integrate to zero over a single winding of
the helix).

One could argue that a measurement of the current in the implant excited
with a coax cable by using MRI is an overcomplicated way to determine TFs. A
transducer allows for more straightforward current measurements and determi-
nation of TFs and does not require the use of an MRI scanner. From a certain
perspective this claim is correct but using a transducer still does not evade
the necessity for successive measurements that requires exact positioning and
measuring localized currents. Furthermore, it is only possible to subsequently
reposition a transducer in liquid phantoms.

Using an MRI scanner makes it possible to determine the TFs in gels,
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heterogeneous media and even animal or human tissues allowing various more
realistic loading conditions to be investigated. As long as the material in which
the implant is used as a transceive antenna produces sufficient MRI signal the
transfer function can be determined. For heterogeneous media changes in pro-
ton density might affect the determined transceive sensitivity and subsequently
influence the determination of induced currents. Therefore, B+

1 mapping tech-
niques and a correspondingly altered version of the BSM-method could be
used for determining transfer functions in heterogeneous media. In this way
the proposed method is a step towards pre-MRI-examination or on-site safety
assessment for patients with an AIMD.

If the method described in this paper can be extended to determine trans-
fer functions of implanted medical devices embedded in patients a low power
pre-scan can be designed for patient specific safety assessment. This would
facilitate relaxation of the safety limits for implants with an MRI conditional
label and enable cautious safety assessment for implants without MRI label.
On site safety assessment is a step toward making MRI more widely available
for the growing group of patients with an AIMD.

Conclusion
We have presented an experimental method to determine transfer func-

tions of elongated implants accurately using MR imaging techniques. The re-
maining differences between experiments and simulations result in a maximum
deviation of ∆Etip ≤ 11% and ∆Etip ≤ 19% for the BSM and LI method re-
spectively, as determined from the area under the curve of the magnitude of the
transfer function. The proposed method is relatively quick (<20 minutes) and
has a high spatial resolution (3 mm and 1 mm). This method can greatly expe-
dite the experimental studies for RF safety assessment of implantable medical
devices. Both simulation and experimental results show that the conventional
methods to measure TFs by sequentially applying a localized electric field while
monitoring the field around the tip of the elongated implant can be replaced by
applying a field at the tip and monitoring the response throughout the implant.
The proposed MR-based method allows for TF determination of implants em-
bedded in realistic surrounding media, such as test animals or corpses.
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Abstract

Introduction:We introduce the transfer matrix (TM) that makes
MR-based wireless determination of transfer functions (TFs) possible.
TFs are implant specific measures for RF-safety assessment of linear
implants. The TF relates an incident tangential electric field on an
implant to a scattered electric field at its tip that generally governs
local heating. The TM extends this concept and relates an incident
tangential electric field to a current distribution in the implant there-
with characterizing the RF response along the entire implant. The
TM is exploited to measure TFs with MRI without hardware alter-
ations.

Materials & Methods:A model of rightward and leftward prop-
agating attenuated waves undergoing multiple reflections is used to
derive an analytical expression for the TM. This allows parameteri-
zation of the TM of generic implants, e.g., (partially) insulated single
wires, in a homogeneous medium in a few unknowns that simultane-
ously describe the TF. These unknowns can be determined with MRI
making it possible to measure the TM and, therefore, also the TF.

Results:The TM is able to predict an induced current due to
an incident electric field and can be accurately parameterized with
a limited number of unknowns. Using this description, the TF is
determined accurately (with a Pearson correlation coefficient R≥0.9
between measurements and simulations) from MRI acquisitions.

Conclusions:The TM enables measuring of TFs with MRI of the
tested generic implant models. The MR-based method does not need
hardware alterations and is wireless hence making TF determination
in more realistic scenarios conceivable.
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Introduction
An ever-growing part of the population is carrying active implanted med-

ical devices (AIMDs). These people are often not eligible for MRI investiga-
tions because the scanner interacts with the AIMD through its electromagnetic
fields potentially resulting in harm to the patient. The most pressing concern
is that the AIMD may be able to locally enhance the radiofrequency (RF)
fields of the MRI scanner. This can cause a local temperature hotspot with
possibly severe consequences [28]. Many factors influence the extent of the
heating [25,34,63–65] making it difficult to predict the occurrence of hazardous
situations. This leads to many implants being considered a contraindication
for MRI. Withholding these patients from such a diagnostically powerful image
modality is unfortunate and hence RF heating is a topic of ongoing research.
Likewise, implant manufacturers develop more and more products that can
be used safely in an MRI-scanner provided exposure conditions specified in a
conditional label are met.

For this purpose, a technical specification [53] has been formulated that
provides a consistent testing methodology for implant manufacturers on how
to assess the RF safety of implantable medical devices under MRI conditions.
A four tier approach is described in this technical specification. The high-
est (fourth) tier performs the analysis with lowest amount of assumptions or
simplifications allowing minimization of the overestimation of safety margins
on relevant MR parameters such as for example the specific absorption rate
(SAR). The cost is however, an enormous set of numerically expensive simu-
lations comprised of a vast selection of realistic implant positions in numerous
human models to build a statistical basis for a prediction of an expected worst
case heating. It involves accurate modeling of the often submillimeter details
of the implant in a comparatively large volume of an MRI body coil. This
combination will in many cases lead to prohibitive calculation times and/or
extensive computational power.

The other tiers make use of the transfer function (TF) concept of the
implant [41] and rely on the usually localized nature of heating. The normal-
ized TF is an implant characteristic that relates an incident tangential electric
field distribution along the trajectory of a linear implant to the resultant, en-
hanced electric field (often around the tip) of the implant, which drives local
heating. In fact, the most significant field enhancement does not necessarily
occur at the tip. The active implantable medical devices considered in this
paper typically contain an insulated wire having one or more electrode poles
in contact with human tissue to deliver therapeutic currents. RF currents can
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be induced on these conductive structures during an MRI exam that result in
energy deposition nearby these poles. Since the poles are most often located
near the tip of these implants, this type of heating is often referred to as tip
heating. In this work we employed linear, (partially) insulated structures as
a surrogate model that are characterized by similar RF current induction and
also demonstrate tip heating. The TF simplifies computations because it de-
couples the assessment of the local scattered field (requiring detailed modeling
of an implant) from the incident field (a characteristic of the comparatively
large MRI system).

This function can be determined by monitoring the response of an implant
to piece wise, localized electric field exposures with dedicated bench setups [42].
Recently, based on the principle of reciprocity an alternative approach has been
presented that interchanges the exposure and monitoring locations [59]. This
finding triggered the idea of MR based TF determination [66]. For this method,
a coax cable is soldered to the implant which is used as a transmit/receive an-
tenna in a phantom during MRI experiments. From the resulting images, the
current distribution along the implant is determined that directly reflects the
TF. This MR based methodology has the advantage that the TF can be deter-
mined without dedicated bench setups. The required galvanic contact however
limits the practical applicability of the method and potentially perturbs the
TF of the implant.

To avoid this physical alteration to the implant this paper aims to use a
regular MRI RF transmission technique (i.e. using the birdcage body coil for
transmit). When E-fields arising from the birdcage body coil impinge upon an
implant, they excite a current that can be measured by an MRI experiment.
This, effectively, enables the determination of the TF of the implant. How-
ever, contrarily to other experimental methods [42,59,66] the resulting E-field
excitation is not localized at the tip and therefore the induced current distribu-
tion will not directly reflect the TF. Nevertheless, the transfer function (or its
generalization, i.e. the transfer matrix introduced here) describing the current
induction in an implant due to a tangential electric field, can be derived from
the combined information contained in the incident E-field and the induced
current.

This work will show how a standard MRI measurement is also able to
provide the transfer function for an implant-like structure in a standardized test
phantom. For this purpose, we will employ a description that is a generalization
of the TF. This extension, called the transfer matrix, relates an incident electric
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field distribution along the implant to the resultant current distribution over the
entire implant instead of a single point. This generalization is necessary because
the body coil excites the implant over the entire length and the excitation is
not confined to the tip of the implant anymore as was originally assumed in
the reciprocal approach for TF determination [59]. With the assessment of the
transfer matrix, the TF is simultaneously determined A test setup with known
properties has to be used as this enables the determination of the incident
electric field by means of electromagnetic simulations.

The transfer matrix can be determined through a Greens function ap-
proach by application of localized excitation at a range of positions along the
implant and measurement of the current distribution along the implant for
each excitation position. This is possible in simulations, but is not feasible in
an MRI setting. In fact, normally only one incident E-field distribution can
be applied and only one current distribution along the wire can be measured.
However, it will be shown for implant-like structures that the transfer matrix
can be parameterized by an analytical model, depending only on a few un-
knowns (6̃-10 unknowns for the cases considered in this work) that determine
the entire matrix. The parameterization is derived for bare and (partially)
insulated wires embedded in a homogenous dielectric. The application of this
model provides a drastic reduction of the number of unknowns in the TM
making it possible to determine it with conventional MRI measurements.

Firstly, this parameterization of the TM will be derived in the theory
section based on a model of converging sums of attenuated back and forth
reflected waves. Secondly, the theoretical description will be validated with
simulation results. After this, the feasibility of measuring the transfer matrix
with MRI-measurable quantities is demonstrated by extracting these quantities
from simulations. Lastly, the actual MRI-based transfer matrix assessment is
demonstrated experimentally for two generic structures similar to ones used
when the TF was first introduced in the context of RF safety [41]. It should be
noted that these generic structures do not resemble any realistic implant that
are often much more complex. However for a proof of principle of the method
presented here these generic structures suffice. The result is an MRI method
that can assess the TF of a medical implant in a standardized phantom without
the need for a galvanic contact to the implant.
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Figure 3.1: The real part of the first induced and reflected wave due to an excitation at the tip
of the implant are shown as dashed lines in the left plot. The sum of these waves converges
to the transfer function of which the magnitude (left) and phase (right) are shown as solid
blue lines. They are the first column of the transfer matrix, M .

Theory
A simplified model

We will start with a theoretical treatise of a one-dimensional implant
model. It is composed of a single metallic wire of length L embedded in a ho-
mogenous, lossy dielectric. If the implant is exposed to a localized, discretized
RF electric field, a propagating, electromagnetic wave along the implant will
be induced.

If the electric excitation incident at the tip of the implant, i.e. at z = 0
behaves as an infinitesimal field source the current distribution in the wire will
reflect the transfer function [59]. An example of such a current distribution
for a partially insulated wire is shown in figure 1. This ‘tip excitation’ will
initially create an electromagnetic wave resulting in a current of magnitude
σeffAE0 that propagates towards the opposite end of the wire at z = L and
subsequently will reflect leftward. At z=0 it will be reflected in the opposite
direction again. The complex reflection coefficients at the ends of the wire at
z = 0 and z = L will be called Γ0 and ΓL respectively. This repetitive process
results in ever smaller wave amplitudes due to attenuation upon propagation

40



MR based TF determination using the TM

through the implant. The sum of these waves is given by,

I(z) = σeffAE0(e
−c1z + ΓLe

c1(z−2L))(
1 + Γ0ΓLe

−2c1L + (Γ0ΓLe
−2c1L)2 + ...

)
(3.1)

Here c1 is the complex wave number that describes the propagation of
the electromagnetic wave through the implant. A is a proportionality factor
with the dimension of a surface determined by the effective cross-sectional area
of the implant. σeff is the effective conductivity that is governed by local
loading conditions of the implant and relates the incident electric field, E0,
to an induced current. The geometric series in this equation bears similari-
ties with summations often employed in the field of optics [67]. It converges
to (1 − Γ0ΓLe

−2c1L)−1 [68]. The resultant function is a standing wave that
parameterizes the transfer function of an implant in the aforementioned four
complex unknowns, i.e. the wave number c1, the effective conductivity σeff

and the two reflection coefficients Γ0 and ΓL. For a detailed derivation of
equation 1 the reader is referred to the appendix A. Figure S1 in appendix A
displays the first view waves of the geometric series.

Note that c1 and σeff are complex constants as long as the implant is
embedded in a homogeneous medium. If the electromagnetic properties of the
environment around the implant vary along its length these quantities will be
position dependent. This will increase the complexity of the model and not be
addressed here. These two parameters as well as Γ0 and ΓL will be dependent
on the characteristics of the implant and on the electromagnetic properties of
its environment. For more complicated structures a similar analysis will yield
comparable equations with additional unknowns. The accuracy of this model
to represent transfer functions will be demonstrated in the results section.

However, in this work we aim to extend the concept of the one-
dimensional TF towards a two dimensional transfer matrix (TM), which is
required to measure the TF with MRI experiments. This extension is neces-
sary because during an MRI exam the incident electric field is not confined
to the tip of an implant but distributed along its entire length. In this sit-
uation each position on the implants becomes a source for induced currents.
The net induced current is the superposition of all these individual induced
currents and can be described by the multiplication of the transfer matrix and
the tangential, incident electric field vector. Therefore, we assume that the
excitation does not occur at the tip of the implant, i.e. at z = 0, but at some
arbitrary location z = zj . It will have a complex value E(zj). For all practical
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purposes this excitation will have a certain finite width, that will determine
the resolution in which the TM and TF are rendered. The derivation of the
TM will be continued in this discretized space. The excitation will create both
a rightward and a leftward propagating (primary) electromagnetic wave with
respect to the excitation that induces currents described by,

Ip(zi, zj) = σeffAE0e
−c1|zi−zj |. (3.2)

These primary (i.e. primary in this case indicates a wave that is not reflected)
rightward and a leftward propagating waves will again be repeatedly reflected
at either end of the implant. The total sum of waves will be (see appendix A
for the details on this derivation):

M(zi, zj) =
Ip

E(zj)
+

σeffA

1− Γ0ΓLe−2c1L

(
2Γ0ΓLe

−2c1Lcosh
(
c1(zi − zj)

)
+

√
Γ0ΓLe−2c1Lcosh

(
c1(zi − zj − L)− 1

2
ln( Γ0

ΓL
)
))

. (3.3)

This two-dimensional function when multiplied with an electric field dis-
tribution incident on a wire gives the current distribution along this wire. For
three different excitation positions the induced currents are shown in figure 2.

If an incident electric field distribution is known up to a certain resolution
along the length of the implant, Einc(zj), the resultant induced current dis-
tribution throughout the implant is computed through a simple matrix vector
multiplication, Iind(zi) = M(zi, zj)Einc(zj). The transfer matrix describes the
RF response of an implant to an electric field exposure with four, in general
unknown, complex quantities, c1, σeff , Γ0, ΓL , and two known parameters L
and A (these parameters also define the TF). This parameterization of the TM
will be referred to as the attenuated wave model.

The attenuated wave model can be extended to incorporate more com-
plex structures that consist of multiple electromagnetic domains, e.g. partially
insulated wires. Additional unknowns will be necessary to describe the current
distributions in these structures but still with a limited number of parameters,
they can be modeled with equations similar to equation 3.3. An extension
of the theory for an implant that contains impedance transitions is given in
Appendix A.
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Figure 3.2: Excitations at various locations along the implant induce various current distri-
butions. Three examples are shown as solid colored lines. These current distributions form
the columns of the transfer matrix, M. The TF is the first column of the transfer matrix [59]
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The transfer function is contained in the transfer matrix.
The current distribution in an implant excited by an electric field at the

tip of the implant is described by its transfer function [59]. Exciting the implant
at its tip is equivalent to choosing zj to be zero in its transfer matrix. So,

S(zi) ∝ M(zi, 0), (3.4)

because this means the excitation occurs at zj = 0, i.e. the tip of the implant.
As a consequence, once the transfer matrix of an implant is known so is its TF.

Methods
With the attenuated wave model the TM and the TF are described by

a limited number of unknowns. Given a known, incident electric field and
a (measured) resultant current in the implant, the TM can be determined
through the following minimization,

argmin
c,Γ0,ΓL,σeff

∥M(zi, zj ; c,Γ0,ΓL, σeff )Einc − Iind∥. (3.5)

We will start with verification of the applicability of the attenuated wave model
to describe TMs (and TFs) with a limited set of model parameters through sim-
ulations. Then, the measurability of the transfer matrix by MRI acquisitions is
tested by reconstructing it from MRI accessible quantities. Finally, the actual
MRI measurement is performed to determine the TM of two structures rep-
resentative for implant leads. The |B+

1 | and transceive phase (the sum of the
transmit and receive phase) distributions [69], are measured, and used together
with a characteristic of the experimental setup, i.e. the incident electric field
Einc, to determine the TM.

Verification of the analytical TM description.
To test the validity of the attenuated wave model, the transfer matrices

of four implant structures, shown in figure 3.3, were calculated using numerical
electromagnetic simulations. Implant A is a bare wire with a length of 20 cm
and 2.5 mm diameter for which the reflection coefficients Γ0 and ΓL should be
equal. Structure B is the same wire but ended on one end with a cube of perfect
electric conductive material with 4 cm edges intended to change ΓL. Implant
C is composed of an 8 cm insulated region and a 12 cm bare region and hence
contains an impedance transition. Wire D is insulated except for 1cm at both
ends. The insulation, of 0.5mm thickness, has a relative permittivity of 3 and
is non-conductive. The conductive parts of the wires are composed of copper
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with a conductivity (at 64MHz) of 5.8·107 S\m and a relative permittivity of
1.

Figure 3.3: The CAD models of the
generic structures that are used in
simulations to assess the descriptive
potential of the TM. Structure A is
a bare copper wire of 20 cm length.
Structure B is a bare copper wire of
20 cm length that is attached to a
PEC block on one end to alter one
reflection coefficient. This would for
example be the case if a lead is at-
tached to an IPG. Structure C is a
copper wire of 20 cm length with 8
cm of insulation. Structure D is an
insulated copper wire with 1 cm of
insulation stripped from either end.

These generic structures were used as
test implants because their TMs and TFs
will have an increasing level of complexity.
Furthermore, the bare and insulated wires
have known electrical properties and have
been used in other works on transfer func-
tions determination [41,59,66] thus facilitat-
ing benchmarking. All the structures were
embedded in a dielectric with a relative per-
mittivity of 77 and a conductivity of 0.35
S\m that filled the entire computational do-
main. The phantom filling liquid used in
experiments was designed to have the prop-
erties of the high permittivity medium [70]
that is global average of biological tissues at
64Mhz. It was measured to have the be-
fore mentioned somewhat different properties
that were subsequently used in simulation.

For all these structures, the TM was
determined by harmonic FDTD simulations
(Sim4Life, ZMT, Zurich, Switzerland) with
a simulation time of 20 periods and a -50dB
auto termination condition by application of
a localized electric field excitation on the im-
plants. The localized excitations are realized
with thin (5mm) electromagnetic plane wave
boxes, which is a straightforward method to
determine the transfer function by simula-
tions [66]. Two counter propagating plane
wave box sources of 10 x 10 x 0.5 cm3 with
opposing magnetic and aligned electric fields
are applied as incident waves on the implant,
which is gridded with 0.2 mm isotropic resolution perpendicular to the long
axis of the implant and 0.5 mm resolution along the long axis. This setup
of plane wave sources ensures the implant is exposed to a purely tangential
electric field excitation localized at one specific position zj along the implant
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structure. These simulations with two counter propagating plane wave box
excitations will be called piecewise excitation (PWE) simulations throughout
this paper.

The TM can be determined from a full set of PWE simulations, i.e.
a set of simulations with plane wave excitations at subsequent, discretized
locations such that the full length of the implant is covered. For a single
PWE simulation the current in the implant is induced by a localized electric
field excitation at location, zj . The current in the wire is computed from
the volume current density and discretized with steps equal to the separation
between excitation centers. This discretized current is used to fill the zjth
row of the TM, creating a square matrix. Combining the full set of PWE
simulations the entire TM can be filled column-wise. The hereby realized TM
will be considered the ground truth. We use this benchmark to determine the
ability of the attenuated wave model to accurately describe realistic transfer
matrices. The parameters of the attenuated wave model (c1, c2,Γ0,ΓL, σeff )
are determined through a nonlinear least squares fit to the PWE simulation
results using MATLABs lsqcurvefit (MathWorks, Natick, MA). The resulting
fitted transfer matrices are compared to the simulated ground truth matrices
to verify the applicability of the attenuated model.

Experimental TM determination.
As an initial test of the proposed MR based TF determination method an

idealized version of theexperiment was simulated (figure 4.4) including models
of the birdcage coil and phantom setup. A harmonic FDTD simulation of a
16 rungs high pass birdcage coil tuned to 64MHz with 35.2 cm coil radius
and 42 cm rung length driven in quadrature mode with two voltage sources
(IQ-feed) loaded with an elliptical phantom was performed. The RF shield
with a radius of 37.2 cm and length of 70 cm was composed of perfect electric
conductor. The simulations of the birdcage coil had a simulation time of 50
periods. The elliptical phantom has walls (11mm thick) composed of PMMA
and is filled with a dielectric (9cm filling height), with relative permittivity
of 77 and a conductivity of 0.35 S\m. A simulation with and without an
implant, is performed to compute the electric field incident on the implant
and the induced current respectively. This incident electric field distribution
is also used for experimental determination of the TM. The implants have the
same electromagnetic properties and dimensions as described in the section
on the piecewise excitation method. The phantom and wire position were
retrospectively matched to the experimental setup by importing the acquired
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Figure 3.4: The CAD models used in simulations to mimic the performed experiment with
the E-field exposure generated by 1.5T RF body coil that is used in experiments. The wire
trajectory and phantom position were altered slightly to match their respective experimental
locations using the acquired MRI data, with the exception that the wires were always assumed
to be perfectly aligned with the z-axis.
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MR images in the simulation domain. In experiments, it was attempted to
place the phantom in the center of the birdcage and the implants were placed
10 cm away from the center of the birdcage coil in the x-direction submerged
under 4 cm phantom liquid.

As long as the incident electric field distribution tangential to the implant,
Einc, is known and the resultant current distribution, Iind, through the wire
can be measured using MRI, the transfer matrix can be determined through
the minimization given by equation 3.5. In this minimization, the transfer
matrix M is described by the attenuated wave model and characterized with
parameters c,Γ0,ΓL and σeff . The output of the minimization are the model
parameters that best describe the complete transfer matrix M . The electric
field exposure, Einc, is a fixed characteristic of the measurement setup and
does not depend on the implant being examined.

In an actual MRI acquisition the distribution of |B+
1 | and the transceive

phase(61) are measurable. The distributions of these quantities in the vicinity
of a wire can be used to determine the current [45, 55, 71, 72]. The incident
electric field distribution is obtained from simulations.

The simulations approximating the actual MRI experiment were vali-
dated by comparison of the |B+

1 | and transceive phase distribution in the phan-
tom without an implant. Therefore, the B+

1 magnitude distribution was exper-
imentally determined with a 3D dual TR actual flip angle (AFI) acquisition [73]
with 7x7x5 mm voxel size and a 30ms TR extension on an initial repetition
time of 9.1ms on a 1.5 Tesla Philips Ingenia MR scanner (Philips Healthcare,
Best, The Netherlands). With a field of view (FOV) of 140x300x450 mm
(APxFHxRL) and 4 signal averages, this acquisition took 192 seconds. The
transceive phase was determined by the average phase of two 3D spoiled gra-
dient echo acquisitions with opposing gradient polarities to correct for eddy
current contributions [5] and potential timing inaccuracies [74]. The signal
contributions from the receive array were removed using homogeneity correc-
tion with a coil sensitivity maps acquired in a reference scan. This ensures
only transmit and receive sensitivities from the birdcage coil are present in the
acquired data. The phase acquisitions have the same geometry as the AFI
acquisition. Five echoes were acquired and used to correct for unwanted phase
contributions from B0 inhomogeneities [62] that grow linearly in time. The re-
sulting complex B+

1 distribution without an implant present is used to validate
equivalent simulations without an implant present. From these simulations,
the incident electric field is determined.
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In addition to the incident electric field, the induced current in the wire
needs to be determined. The current is calculated from the |B+

1 | distribution
in the phantom with one of the implants present. These distributions were
determined with the variable flip angle method [75, 76] as this technique is
better able to capture the large range of |B+

1 | values present in the case of
the wire immersed in the phantom at the expense of extra acquisition time.
For this purpose a large range of 3D spoiled gradient echo images with various
nominal flip angles [45] were acquired. The spoiled gradient echo images had
the same FOV as the AFI acquisition but a smaller voxel size of 1.9x1.9x5 mm
to capture the rapid decay of the |B+

1 | enhancement around the wire. The
nominal flip angles were 0.25, 0.5,1, 2, 3, 4, 6, 10, 13, 16, 19, 22, 25, 30, 50, 75,
90, 120 degrees. The acquisitions had a repetition time of 30ms leading to scan
duration of 123s per scan. From these acquisitions the |B+

1 | was determined
by fitting the signal from spoiled gradient echo acquisitions as function of flip
angle to the data on a voxel by voxel basis [45] using the following equation:

S (⃗r) = C1(⃗r)(1− e−TR/T1)sin(C2(⃗r)FA)

1− e−TR/T1cos(C2(⃗r)FA)
e−TE/T∗

2 . (3.6)

Here C1(⃗r)) is proportional to the receive sensitivity and C2(⃗r) is proportional
to the |B+

1 (⃗r)| distribution. The relaxation times were fixed parameters in the
signal fit that were determined with a simultaneous multi spin echo interleaved
with inversion recovery sequence [77]. Subsequently an annulus of |B+

1 (⃗r)| data
around the wire was used to fit the |B+

1 (⃗r)| artifact resulting from the interfer-
ence of the complex magnetic fields due to the current and the background B+

1

field. From the measured B+
1 (⃗r) field modification, the current distribution

along the wire is deduced. The phase difference between the B+
1 magnetic field

produced by current and the background B+
1 field also follows from this fit.

This difference in combination with the experimentally determined transceive
phase distribution is used to compute the phase of the current. More details
on this procedure can be found in appendix A and B (and supporting figures
S1 and S2).

Using the experimentally determined induced current distribution and
the matched incident electric field distribution from simulations, the TM can
be computed with equation 3.5 similarly as was achieved in simulations. The
bare and the capped wire were used as test implants in the MRI experiments.
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Results
Validation of the attenuated wave model

PWE-simulated transfer matrices and their fits using the attenuated wave
model of the TM for the four investigated structures are shown in figure 3.5.
The agreement is very good with Pearson correlation coefficients exceeding
0.99 for all implants. This shows that the attenuated wave model is able to
accurately capture the induced current in the investigated structures exposed
to an incident electric field. Understandably, for symmetrical implants (1 and
4) the TM is also symmetrical.

The transfer function is contained in the transfer matrix
An excitation at the tip of an implant results in an induced current

distribution that is proportional to the transfer function of the implant by
virtue of the principle of reciprocity [59]. Therefore, the first column of the
TM is directly proportional to the TF of the implant. Figure 3.6 shows the
first column of the fitted transfer matrix, M(z, 0), in comparison to the transfer
function from PWE simulations. The TF is by definition normalized to have
unit integral value. In figure 3.6, M(z, 0) is normalized accordingly. The
agreement between fitted M(z, 0) and the TF confirms that the transfer matrix
parameterized by a few parameters contains an accurate estimate of the transfer
function in its first column.

MRI based implant transfer matrix determination
In simulations the relevant electromagnetic quantities, Einc and Iind,

are readily available. If these quantities are known, equation 3.5 can be used
to determine the transfer matrix. In MRI experiments these electromagnetic
quantities are not directly available. However, they can be derived from mea-
surements and simulations. The conductivity of the phantom is determined
from a phase only EPT reconstruction using the measured transceive phase
distribution [78] in a centered ROI and used in simulations. These simulated
|B+

1 | and transceive phase, i.e. ∠B+
1 B−

1

∗, distributions along with their exper-
imentally determined counterparts are shown in figure 3.7. Data shows that
the overall distributions are very similar (R=0.96) although some slight differ-
ences do exist. For example, the right top corner of the |B+

1 | distribution in
the transverse plane seems to be more enhanced in experiments than in simu-
lations. However, these deviations are minor and are not expected to introduce
considerable errors in the resulting transfer matrices.
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Figure 3.5: Validation of the attenuated wave model: the first row of each subfigure shows
the TM that results from the PWE simulations and the second row shows the fitted TM
using the attenuated wave model. Note that the x- and y-axis are the same for all plots.
This figure demonstrates that the TM of all implants can be accurately characterized using
the attenuated wave model (the Pearson correlation coefficient between fitted and simulated
TMs was above 0.99 for all structures in both magnitude and phase). Structures A till D
correspond to the ones shown in figure 3.3
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Figure 3.6: The TM contains the transfer function TF. The first column of the TM is directly
proportional to the TF of the implant. M(z, 0) is the current distribution in the implant
when this distribution is induced by an electric field excitation at the tip. This is proportional
to the TF by virtue of the principle of reciprocity [59]. The normalized TF, i.e. to have a
unit integral, determined with the PWE method is shown as a dashed red line in the figure of
the right. The normalized TF according to the fit of the TM is shown as a solid orange line
in this plot. The agreement between both TFs shows that the attenuated wave description
keeps the TF intact.

In figure 3.8 the |B+
1 | distribution in the phantom with an embedded

implant is shown. The agreement between the distributions in figure 3.8 pro-
vides additional confidence in the accuracy of the simulations and the proposed
method. A close-up of the |B+

1 | modulation due to the alteration of the RF
field by the implant is also shown. This artifact is used to determine the current
running in the wire (see appendix B for more details).

The currents are determined from the measured |B+
1 | distributions close

to the wire. These measured current distributions along the wires are subse-
quently used to determine the TM of the bare and the insulated wire with equa-
tion 3.5 using a derivative-free, non-linear least squares optimizer (fminsearch).
The solution was the one with lowest residual from a set of 256 minimizations
performed with equidistantly distributed start points. The same (overall) min-
imum was found for 29 (11.3%) and 97 (37.9%) out of the 256 start values for
the insulated and bare wire, respectively. The frequent occurrence of the found
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Figure 3.7: The top row shows the simulated and measured |B1+| distributions in percentage
of nominal flip angle in the phantom without a wire. The |B+

1 | distribution was experimen-
tally determined with a 3D dual TR actual flip angle (AFI) acquisition [73] with 7x7x5 mm
voxel size and a 30ms TR extension on an initial repetition time of 9.1ms. The bottom row
shows the simulated and measured transceive phase distributions in radians. The transceive
phase was experimentally determined by averaging the phase of two 3D spoiled gradient echo
acquisitions with opposing gradient polarities to correct for eddy current contributions [5]
and potential timing inaccuracies [74]. Simulations and measurements show good agreement
(the Pearson correlation coefficients are R = 0.90 and R = 0.98 for the magnitude and the
phase respectively). Note that the coronal view does not show the entire phantom due to
experimental limitations like B+

1 coverage, B0 homogeneity and gradient linearity.

minimum with lowest residual suggests convergence to a global minimum in
the investigated search space.

The first and second columns in figure 3.9 (bare wire) and 3.10 (insulated
wire) show the gold standard TM from PWE simulations and the experimen-
tally determined TM respecively. The normalized TFs that follow from these
matrices are plotted in the third column of figure 3.9 and 3.10.

Discussion
This work has presented an alternative method to measure the TF of

medical implants using MRI. It does not require alterations to the implant
and is therefore a substantial improvement in comparison to the MRI-based
method that was presented earlier [66]. Since the electric field is not localized
at the tip but will be distributed along the entire implant during an MRI exam,
an alternative formalism has been introduced: the transfer matrix. Where the
TF can be used to evaluate the electric field at the tip, the TM can be used
to determine the total current\electric field anywhere along the implant for a
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Figure 3.8: Simulated and measured |B+
1 | distributions in percentage of nominal flip angle

inside the phantom when an implant is present. A close up of |B+
1 | artifact around the wires

is shown on the right. This artifact is used to determine Iind as described in appendix B.

given incident, tangential electric field.
The measurement of the TM by MRI without modification to the implant

is only feasible by application of the attenuated wave model which drastically
reduces the number of unknowns of this matrix. The attenuated wave de-
scription was successfully validated with simulations. With this reduction of
unknowns one MRI measurement of the induced current is sufficient to de-
termine the transfer matrix. The TF is contained in the TM as its first row
and is hence simultaneously determined. As an additional advantage, the TM
also allows identification of other locations that potentially exhibit significant
heating along the implant. It is known from practice that localized heating can
occur for instance also at impedance transitions in the implant where charge
accumulation and thus electric field concentration can take place [79]. Other
models [80–82] are available that give an analytical description for the cur-
rent in a wire due to an incident electric field. With some modifications these
models could be used in a similar way as the attenuated wave model.

For the examined structures the presented method was able to accurately
measure their TFs (the Pearson correlation coefficients were 0.929 and 0.926
for the bare and the insulated wire respectively). Given a constant electric field
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Figure 3.9: The first column in this figure shows the gold standard TM from PWE simula-
tions for the bare wire. The second column shows the TM resulting from the minimization
in equation 3.5 given the current measured with MRI and the incident electric field from
simulations. The plot in the third column displays the normalized transfer function from
measurements (solid line) and simulations (dashed line).

with a worst case phase distribution, i.e. a phase distribution with opposite
sign as the phase of the gold standard simulated TFs, the measured TFs would
lead to an underestimation of the scattered electric field around the tip of 2.1%
and 5.3% respectively in comparison to the simulated cases. The descriptive
power of the attenuated wave model for realistic implants is a topic for future
research. The number of parameters to describe the response might increase
because the wave number can be spatially varying. This will lead to more com-
plicated minimization problems with possible additional numerical challenges.
Besides their potentially more complicated descriptions realistic implants might
produce susceptibility artifacts that need to be mitigated. This will especially
an issue for implants non-parallel with the B0 field. Many mitigation strategies
for metal artifact reduction exist [83], but testing these is beyond the scope of
the presented method.

Nonetheless, for the tested generic copper structures the high correla-
tion coefficients between the measured and simulated TFs confirm that the
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Figure 3.10: The experimentally determined TM for the insulated wire. Using the measured
induced current and the incident electric field from simulations, equation 3.5 can be used to
determine the TM. The first column in this figure shows the gold standard TM from PWE
simulations. The second column shows the experimentally determined TM. The plot in the
third column displays the normalized transfer function from measurements (solid line) and
simulations (dashed line).

normalized transfer function can be accurately determined with the proposed
method. In these TMs still some discrepancies are visible for the current esti-
mates close to the tips of the implant. We believe that this is a consequence of
the difficulties to accurately determine the low currents and thus low wire |B+

1 |
fields near the ends of the wires. Also discrepancies in the phases of the simu-
lated and measured currents are visible. Two potential causes are conceivable.
Firstly, the approximation that the transmit and receive phases are equal, the
so called transceive phase assumption as used also in EPT, introduces a small
error. This approximation is needed to estimate the background phase of the
B1+ field created by the birdcage. Secondly, the phase difference between the
current in the wire and the background field that follows from the fit of the
|B+

1 | artifact, again suffers from the low current magnitudes near the ends of
the implant.
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Another potential source of inaccuracy are physical deviations between
the experiments and the simulations. Some differences between simulations
and experiments are inevitably present. For example the wires are assumed
to be perfectly aligned with the main magnetic field and perfectly straight.
Despite attempts to reach this alignment in practice small angles (less than
5°) with the main magnetic field were present. This leads to errors in the
incident electric field, since this is spatially varying, as well as the measured
current as it is a projection of the true current on the main magnetic field
direction. Other potential sources of inaccuracy are differences in material
properties between simulations and experiments, predominantly the phantom
liquid and the insulation of the insulated wire. The presented method for TF
determination only requires the wire to be aligned with the z-axis because the
measurement of the induced current relies on this assumption. Nevertheless,
the measurement of induced currents that are not aligned with the z-axis is in
principle possible, because the current will always have a nonzero projection
on B+

1 . Extension of the current determination method for currents that are
not aligned with the z-axis is a topic for future research. This would allow
determination of the TF in the case of more realistic lead trajectories.

Most of the aforementioned physical sources of inaccuracy can be mit-
igated. For example the alignment errors might be reduced with dedicated
placeholders for the implants or adaptations to the phantom. More accurate
knowledge of the material properties can be attained with dedicated hardware,
when available, and could improve agreement between measurements and sim-
ulations. Furthermore, a choice was made to determine the current in the wire
based on magnitude data. Other approaches, e.g. phase based current deter-
mination [71] or a hybrid method, are possible and might perform better. This
also holds for the multi flip angle |B+

1 | mapping technique. There are numerous
methods [73, 84, 85] to measure |B+

1 | distributions that could outperform the
applied technique.

Besides these incremental technical and experimental improvements, MR
based TM determination could benefit from other advances. For example, al-
though the induced current along the implant Iind is determined from an MRI
measurement, the incident electric field Einc is obtained from simulations. Po-
tentially, simulations can be avoided by means of MRI based Ez-field determi-
nation [86]. In this way also the incident, z-component of the electric field can
be determined experimentally using the MRI experiment without an implant
in the phantom. Although difficulties are expected taking spatial derivatives
of the measured, noisy B+

1 field.

57



Chapter 3

Another limitation is the necessity to perform a separate MRI acquisi-
tion without the presence of an implant field to characterize the test setup
and therewith validate the exposure field. Note that although a given B1+
magnitude distribution does not uniquely define a corresponding longitudinal
electric field distribution, the combination with phase measurements (i.e. the
full complex B+

1 distribution) does. In principle, the scattered and incident
electric field could be separated based on their different spatial dependencies.
The scattered field drops off radially from the wire and has its source inside
the phantom. Contrarily, the incident field is created by sources outside the
phantom and can be decomposed in spherical and cylindrical basis functions
that are solutions to the source free (or homogeneous) Helmholtz equation [87].
This distinctly different spatial dependency potentially allows reconstruction of
both the scattered and incident fields from a single scan with the wire present.
However, again knowledge of the complex B+

1 distribution is required with the
implant present, which is hard to attain because its presence makes the trans-
mit and receive phase distinctly different. Multi-transmit methods can be used
to remove this obstacle [88].

Currently, inaccuracies of which the significance cannot be exactly
gauged, are introduced when a TF measured in a phantom experiment or in
simulations are applied to evaluate the heating of an implant in a human body
(where the implant’s characteristics will be different due to varying loading
conditions). The presented method allows TM and hence TF determination in
more realistic situations provided that the incident electric fields are assessable
and makes it possible to experimentally examine the significance of the uncer-
tainties introduced with this simplification. Furthermore the TM concept can
be used in transmit field modification strategies [72, 89–91] to minimize the
induced currents in the implant. Most importantly it allows determination of
the TF without the need for electric field probes or alterations to the implant
with a high spatial resolution that has the potential to be used in solids. With
considerable modifications and additional work to the method presented here
it is conceivable that extensions to TF determination in heterogeneous media
and even animal tests can be made.

Conclusion
We have presented a method to measure the transfer function of an im-

plant in a designated phantom using an MRI scanner without alterations to
the implant. The Pearson correlation coefficients between measured and the
simulated transfer functions were 0.929 and 0.926 for a 20 cm bare and a 20 cm
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insulated wire respectively. For this method, the concept of the transfer matrix
was introduced. This matrix relates the induced current along an implant to
an incident E-field distribution. This matrix contains the transfer function in
its first column. The measurement of this matrix by MRI is feasible by appli-
cation of an attenuated wave model which drastically reduces the number of
unknowns of this matrix. The applicability of this model for (partially) insu-
lated wires in a homogeneous medium was verified with numerical simulations.
Using a validated experimental test setup in which the electric field exposure is
known, one MRI measurement of the induced current is sufficient to determine
the TM and hence also the TF of an simple implant model. For application of
the presented method to TF determination of realistic (and often more com-
plex) implants the TM model needs to be extended which might prove to be a
non-trivial task.

The introduced TM enables MRI based TF determination without hard-
ware alterations to implant or scanner. This MRI based method opens up
possibilities to determine TFs in more realistic scenarios like solid tissues, het-
erogeneous media and test animals
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Abstract

Introduction: Purpose: A purely experimental method for
MRI‐based transfer function (TF) determination is presented. A TF
characterizes the potential for radiofrequency heat-ing of a linear im-
plant by relating the incident tangential electric field to a scattered
electric field at its tip. We utilize the previously introduced trans-
fer matrix (TM) to determine transfer functions solely from the MR
measurable quantities, that is, the B+

1 and transceive phase distri-
butions. This technique can extend the current practice of phan-
tom‐based TF assessment with dedicated experimental setup toward
MR‐based methods that have the potential to assess the TF in more
realistic situations.

Theory & Methods: An analytical description of the B+
1 mag-

nitude and transceive phase distribution around a wire‐like implant
was derived based on the TM. In this model, the background field
is described using a superposition of spherical and cylindrical har-
monics while the transfer matrix is parameterized using a previously
introduced attenuated wave model. This analytical description can
be used to estimate the transfer matrix and transfer function based
on the measured B+

1 distribution.

Results: The TF was successfully determined for 2 mock‐up im-
plants: a 20‐cm bare copper wire and a 20‐cm insulated copper wire
with 10 mm of insulation stripped at both endings in respectively 4
and 3 different trajectories. The measured TFs show a strong corre-
lation with a reference determined from simulations and between the
separate experiments with correlation coefficients above 0.96 between
all TFs. Compared to the simulated TF, the maximum deviation in
the estimated tip field is 9.4% and 12.2% for the bare and insulated
wire, respectively.

Conclusions: A method has been developed to measure the TF
of medical implants using MRI experiments. Jointly fitting the in-
cident and scattered B+

1 distributions with an analytical description
based on the transfer matrix enables accurate determination of the
TF of 2 test implants. The presented method no longer needs in-
put from simulated data and can therefore, in principle, be used to
measure TF’s in test animals or corpses.
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Introduction
The transfer function (TF) has been introduced to characterize the po-

tential for RF heating of elongated linear medical implants like pacemaker and
deep brain stimulator leads [41]. The TF is an implant characteristic that de-
scribes the scattered electric field at the tip of an implant, where it is most
significantly enhanced, as a function of an incident tangential electric field dis-
tribution along the trajectory of the implant. For active implantable medical
devices (AIMD) these are located at the electrode poles which deliver the ther-
apeutic currents to the tissue. The TF simplifies numerical computations to
predict heating because it decouples the assessment of the local scattered field
(requiring submillimeter detailed modeling of an implant) from the determina-
tion of the incident field (generated and scattered by relatively large objects
like the transmit coil and human body respectively).

Experimental validation of numerically determined TFs is performed in
phantom experiments. Common measurement methods rely on standardized
phantom setups [42,43] and specialized excitation devices and/or measurement
probes. A device that applies a confined and localized electric excitation is
stepwise repositioned along the length of the implant while the scattered electric
field at the tip is monitored. The ratio between the complex electric field at
the tip and the complex field at the excitation device as a function of position
along the implant gives the value of the transfer function at the location of the
excitation. Alternatively, the excitation device and measurement probe swap
position: the induced field along the wire as a function of position is measured
while the implant is excited at the tip [59]. Both methods are equivalent due
to the principle of reciprocity. In previous work, this principle of swapping
excitation and measurement position was used to develop a fully MR-based
method where the implant is modified into a transmit-receive antenna that is
driven at its tip. For this purpose, an RF cable was soldered to the implant
and connected to the scanner by a transmit/receive coil interface. Now the
current induced in the implant is proportional to the TF and is calculated
from acquired MR images [66].

Recently, this method was further improved which enabled the use of
standard RF coils and removed the need to make modifications to the implant
[92]. For this purpose, the transfer matrix (TM) was introduced. The TM
relates an incident tangential electric field distribution along an implant to an
induced current distribution along the entire length of implant. This gives a
more complete description of the interaction of an implant with an RF electric
field than the TF, which focuses on the description of a single point of worst case
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heating. In figure 1 an example of a TM is shown, together with a schematic
depiction of the way it is determined in simulations as described previously [92].
The method for TM determination relies on knowledge of the induced current,
that can be measured with MRI [44, 45, 55, 71], and the incident electric field,
that is determined by simulations.

Even though this works for standardized phantom setups with known or
measurable geometrical and electromagnetic properties, it rules out the appli-
cation on less well-determined environments where this knowledge is missing
as for example in test animals or human corpses, which makes accurate sim-
ulations practically infeasible. In principle, if also the incident electric field
distribution can be obtained from MRI measurements, in-vivo transfer func-
tion assessment could become feasible.

Here we present a method that is able to determine the TF of an implant
exclusively from MRI acquisitions in a single phantom experiment. Contrarily
to previously presented work the incident electric field is determined from MRI
measurements instead of simulations. Under certain, yet realistic, conditions
for linear implant safety testing, the z-component of the electric field distribu-
tion is dominant and can be determined from the B+

1 distribution [86]. In this
work we present a model describing the RF magnetic field distribution around
an elongated implant following an arbitrary trajectory. This model is used to
jointly estimate the transfer matrix and the incident background field based
on their different spatial dependencies. Firstly, the validity of this model will
be tested on simulated B+

1 distributions for a bare and insulated wire. Sec-
ondly, the TM and TF are determined experimentally for the same two wires.
Measurements are performed for various trajectories which will result in dif-
ferent incident electric field exposures and induced currents but should yield
the same TM and TF. The presented method allows simultaneous TM and TF
determination from a B+

1 magnitude and transceive phase distribution that are
assessable with MRI.

Theory
Without loss of generality, the B+

1 ,tot distribution in a subject or a phan-
tom with an implant can be written as,

B+
1 tot = B+

1 bg +B+
1 sc (4.1)

In this equation, B+
1 bg is the circularly polarized incident background RF trans-

mit magnetic field created in the subject or phantom by the transmit coil that
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is used for the MR exam. B+
1 sc is the circularly polarized component of the

scattered RF transmit magnetic field created by the currents that are induced
in the implant. The relatively smoothly varying background B+1 magnetic
field can be accurately decomposed in SPherical And CYlindrical (SPACY)
harmonics [87] that are solutions to the source‐free Helmholtz equation for a
homogeneous medium in a spherical and cylindrical coordinate system respec-
tively, that is,

B+
1 bg =

N1∑
n=0

n∑
m=−n

amnf
m
n +

N2∑
n=0

n∑
m=−n

bmng
m
n (4.2)

where fm
n = jm(ζr)Y m

n (θ, ϕ) and gmn = Jm(ζρ)Y m
n (ϑ). Here, jm is the spher-

ical Bessel function of the first kind of order m, Jm is the ordinary Bessel
function of the first kind of order m, and Y m

n is the spherical harmonic of or-
der n and degree m. The tuples (r, θ, ϕ) and (ρ, ϑ, z) describe the spherical
and cylindrical (with z being the main magnetic field direction) coordinate
system respectively with the isocenter of the MR scanner as the origin. The
parameter ζ is the complex wavenumber of the electromagnetic waves given
by ζ = ±

√
µ0ϵrϵ0ω2 + iµ0σω. The Neumann functions are excluded from the

solution set of the Helmholtz equation, because they have a pole at the origin
and hence are unable to describe the incident fields. The expansion coefficients
amn and bmn can be determined by fitting equation 4.2 to a measured B+

1 ,tot

field distribution with omission of the limited region where the scattered field
caused by to the implant has a significant contribution. The phase of the com-
plex B+

1 ,bg field is considered to be half the transceive phase [62]. Note that
this transceive phase assumption will not be accurate for B+

1 ,tot because the
presence of the implant presents an asymmetric load to both ports of the bird-
cage. However, our method only requires the transceive phase approximation
to be valid for the background field. Given the (near) left‐right symmetry of
the setup [93] and a circularly polarized B+

1 ,bg, this assumption will be suffi-
ciently accurate for the experiment presented here because the experi-ments
are performed at 1.5T [94].

After the B+
1 ,bg is approximated by the SPACY decomposition, the inci-

dent electric field can be calculated [86] because the electric and magnetic fields
are intrinsically coupled as described by Maxwell’s equations. If one assumes
that the longitudinal component of the B+

1 ,bg field created by the RF coil is
negligible, the z‐component of the electric field is calculated by:
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Ezbg (⃗r; amn) =
1

µ0σ + iωµ0ϵ

(
−2i

∂

∂x
− 2

∂

∂y

)
B+

1 bg (⃗r; amn) (4.3)

It should be noted that this assumption is valid in the central region and
particularly in the midplane of the birdcage coil that are customarily used for
1.5T clinical examinations.

The implant with a random trajectory C, which can be straight or bent
and make arbitrary angles with the main magnetic field direction, creates a
scattered field. The trajectory C is parameterized by r⃗ ′. Therefore, the implant
is exposed to a tangential incident electric field, Einc(⃗r

′), that can be computed
from this Ezbg (⃗r

′) by multiplication with the cosine of the angle, the wire makes
with the z‐axis at r⃗ ′, that is,

Einc(⃗r; amn) = Ezbg (⃗r; amn)cos(θ′) (4.4)

Equation 4.3 assumes that the x and y component of the electric field
are negligible compared to the z‐component of the electric field. The current
induced in the implant attributed to this Einc is calculated through a mul-
tiplication with the TM. The scattered magnetic field caused by the implant
is subsequently calculated from the induced current using the time‐dependent
generalization of the Biot–Savart law known as the Jefimenko equations [95,96].
These equations describe the electromagnetic field attributed to arbitrary
time‐dependent current and charge distributions while taking retardation into
account. The magnetic field is given by,

B⃗1,sc(⃗r, t; amn, ck) =
µ0

4π

ˆ
C

(I (⃗r ′, tr; amn, ck)d⃗r ′ × (⃗r ′ − r⃗)

|⃗r ′ − r⃗|3

+
∂I/∂t(⃗r ′, tr; amn, ck)d⃗r ′ × (⃗r ′ − r⃗)

c|⃗r ′ − r⃗|2
)

(4.5)

The scattered field is time and space dependent and can be described by the
sets of parameters describing the background field, amn and bmn, and the
parameters describing the transfer matrix of the implant, ck, this equation
describes the magnetic field caused by a general time‐varying current I running
in the implant. It will take a finite amount of time for the field created by the
current at r⃗� to reach a certain position r⃗ which is incorporated in the model
through the retardation time tr = t− |r⃗′−r⃗|

cm
, where cm is the speed of light in
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the medium through which the field propagates. Equation 4.5 is valid whenever
the macroscopic Maxwell equations inside a homogeneous dielectric are valid.
Because we will assume harmonic time dependency (B⃗(r⃗, t) = B⃗(r⃗)eiωt we can
write equation 4.5 in phasor notation as,

B⃗1,sc(⃗r, t; amn, ck) =
µ0

4π

ˆ
C

I (⃗r ′; amn, ck)d⃗r ′ × (⃗r ′ − r⃗)ei
|r⃗′−r⃗|ω

cm( 1

|⃗r ′ − r⃗|3
+

iω

c|⃗r ′ − r⃗|2
)

(4.6)

This describes the scattered field attributed to an arbitrarily shaped wire.
In the model used here, the wire will be discretized into a number of line seg-
ments that correspond to the size of the transfer matrix (e.g., into 40 line
segments of 5 mm for the 200 mm wires considered here). The incident electric
field is discretized to the same resolution. In the discretized form after intro-
duction of the TM, equation 4.6 can be approximated by a Riemann sum, that
is,

B⃗1,sc(⃗r; amn, ck) =
µ0

4π

L
|dri|∑
i=1

M(ck)E(⃗ri; amn)d⃗ri × (⃗ri − r⃗)ei
|r⃗i−r⃗|ω

cm

( 1

|⃗ri − r⃗|3
+

iω

c|⃗ri − r⃗|2
)

=
µ0

4π

L
|dri|∑
i=1

M(ck)
−cos(θi)
σ + iωϵ

(2i∂x + 2∂y)B
+
1 ,bg (⃗r

′
i; amn)

d⃗ri × (⃗ri − r⃗)ei
|r⃗i−r⃗|ω

cm

( 1

|⃗ri − r⃗|3
+

iω

c|⃗ri − r⃗|2
)

(4.7)

which is linearly dependent on (the coefficients describing) the background
field. In this equation, θi is the angle the ith line segment makes with the
z‐axis. The superposition of the circularly polarized RF transmit magnetic
incident and scattered field, that is, the total B+

1 field is hence given by,

B+
1 tot(⃗r; amn, ck) = B+

1 bg (⃗r; amn)

+
1

2

(
Bx

1 sc(⃗r; amn, ck) +By
1 sc(⃗r; amn, ck)

)
(4.8)

which is again linearly dependent on the coefficients in the SPACY decompo-
sition. This model can be used to fit a measured or simulated B+

1 distribu-
tion. Note that equation 4.8 describes a complex B+

1 distribution of which the

67



Chapter 4

Figure 4.1: The TM is constructed in simulations by application of a localized incident electric
fields of 1 V/m created with 2 plane waves that have constructively interfering electric and
destructively interfering magnetic field components. This excitation is repositioned along the
entire length of the implant. The resultant current distributions for the various excitations
describe the rows of the TM. The width of the excitation determines the resolution to which
the TM is resolved. Given an implant with a certain TM and some incident electric field, the
induced current in the implant is computed with a matrix multiplication, that is, I = ME
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phase is not experimentally attainable. What can be measured is the so‐called
transceive phase, which is the sum of the phase of the B+

1 and B−
1 field.For

birdcage coils, the phase of the background receive field is (nearly) equal to the
phase of the background transmit field [62]. This is known as the transceive
phase approximation stating that the transmit phase will be half the transceive
phase. Using this approximation, we can describe the receive background phase
with the same SPACY decomposition. A description similar to equation 4.8
can be derived for the phase of B−

1 as a function of the same unknowns. The
scattered field contribution to the receive fields is in the direction opposite to
the nuclear precession leading to a complex conjugation of the scattered field.
Hence, we can write down an expression for the B−

1 ,tot phase, that is,

∠B−
1 tot(⃗r; amn, ck) = ∠

(
B+

1 bg (⃗r; amn)

+
1

2

(
Bx

1 sc(⃗r; amn, ck) +By
1 sc(⃗r; amn, ck)

)∗)
(4.9)

The transceive phase is the sum the phase given by this equation and the phase
of equation 4.8 . It needs to be stressed that equation 4.9 describes the B−

1

phase in the assumption that the background transmit and receive phase are
nearly equal. For our purpose, the decomposition of the magnitude of the
receive field is not relevant given that we will only use the MRI‐measurable
distributions (|B+

1 | and transceive phase).

Methods
Equation 4.8 provides an expression for the B1 field surrounding an elon-

gated implant as a function of the background field parameters amn and bmn

and the transfer matrix parameters ck. If a B+
1 map is acquired together with

a transceive phase distribution, ϕtr, with the implant to be tested in a phan-
tom, the transfer matrix can be determined by fitting this expression to the
measured (or simulated) field distribution. The corresponding minimization is,

argmin
amn∈C,ck∈R

∣∣∣∣∣∣|B+
1 meas|eϕtr,meas

− |B+
1 tot(amn, ck)|eiarg(B+

1 tot(amn,ck)B
−
1 tot(amn,ck))

∣∣∣∣∣∣ (4.10)
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Figure 4.2: The elliptical ASTM phantom in which the dummy implants are placed is shown
on the right. The wires are located on a thin sewing thread stung between 4.5cm long plastic
screws. The wires are positioned approximately 13 cm away from the center of the phantom
and submerged under 5 cm of phantom liquid. The setup of the phantom in the birdcage
body coil is shown on the left together with the 5 bare wires that are used in simulations

70



Entirely experimental TF determination

This procedure was tested for 2 implant‐like structures: a 20 cm bare
wire and a 20 cm insulated wire where the insulation is stripped from 10 mm
at both endings as shown in the bottom right corner of 4.2. For both struc-
tures, the MRI measurements are performed with the structures positioned
in an elliptical ASTM (American Society for Testing and Materials) phantom
also shown in figure 4.2. The elliptical phantom has 11‐mm‐thick walls of poly-
methylmethacrylaatand is filled with hydroxyethyl cellulose gel with relative
permittivity of 77 and a conductivity of 0.47 S/m.

The amn’s and bmn’s that describe the background field and determine
the incident electric field are found by a least‐squares SPACY decomposition
of the complex B+

1 field disregarding B+
1 data within a circular region (radius

5 cm) around from the wire. The phase of complex background B+
1 field is

simply considered to be half the transceive phase [62]. An initial guess for
the transfer matrix parameters ck is obtained by assuming full out‐of‐phase
reflection at both endings and a propagation constant based on the permittivity
and conductivity of the phantom material (Γ0 ≈ −1,Γ0 ≈ −1,t ≈ 0.01,c ≈√
µ0ϵbodyω2 + iµ0σbodyω ). these initial values, the minimization in equation

4.10 is performed. The Nelder–Mead simplex algorithm [97] implemented in
a bound version of MATLAB’s fminsearch function (The MathWorks, Inc.,
Natick, MA) is used to perform the mini-mization. The ck that follow from this
minimization define the TM and TF of the implant. First, the method is tested
in silica, that is, using simulated B+

1 field distributions. Subsequently, the
method is applied for experimental TM and TF determination from measured
|B+

1 | and transceive phase distributions.

Simulations
The presented procedure and the validity of the field description given by

equations 4.8 and 4.9 are tested in silica by numerical FDTD (finite‐difference
time‐domain) simulations (Sim4Life; ZMT, Zurich, Switzerland). A harmonic
simulation is performed for 50 periods with a –50dB auto termination condition
of a model of the phantom shown in figure 4.2 in the isocenter of a 1.5T birdcage
body coil. A 16 rungs high pass birdcage coil tuned to 64 MHz with 35.2‐cm
coil radius and 42‐cm rung length is driven in quadrature mode with 2 voltage
sources (IQ‐feed). The RF shield with a radius of 37.2 cm and length of 70 cm
is composed of perfect electric conductor. The wire positions and trajectories
are also shown in figure 4.2. Simulations are performed with a straight wire
trajectory aligned with the z‐axis, called A. This straight wire is also placed
under an angle of 15° and 30° with respect to the main magnetic field, denoted
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as B and C respectively. Furthermore, 2 arbitrarily bent wire trajectories D
and E are also simulated. For the insulated wire, simulations were performed
with implant following trajectories A, B, C, and D, which are labeled Ai, Bi,
Ci, and Di respectively.

The resulting B+
1 magnitude and transceive phase distribution from these

simulations are fit with equations 4.8 and 4.9 while optimizing for the TM pa-
rameters and keeping the coefficients in the SPACY decomposition of the back-
ground field fixed. Note that these distributions (B+

1 magnitude and transceive
phase) are measurable with MRI.

Measurements
The actual MRI measurements were performed in a 1.5T (Philips Inge-

nia, Best, The Netherlands) MR scanner. |B+
1 | distributions are determined

experimentally with the variable flip angle (VFA) method [75, 76]. The ellip-
tical phantom is filled with copper sulfate doped hydroxyl ethyl cellulose (9
cm filling height), with relative permittivity of 77 and a conductiv-ity of 0.47
S/m. The wires are placed approximately 10 cm off‐center in the x‐direction
submerged under 5 cm liquid inside the phantom in the center of the birdcage
coil. A straight wire was placed at a 0° , 15° , and 30° angle relative to the
z‐axis. Subsequently, the bare wire was bent and an additional acquisition was
performed.

The VFA method is used instead of more conventional |B+
1 | mapping

techniques [73, 85] given that it is able to capture the large dynamic range
of actual |B+

1 | values in the vicinity of the wire at the expense of increased
acquisition time. For this purpose, a collection of 3D spoiled gradient echo
images with various nominal flip angles8 were acquired. The spoiled gradient
echo images had a field of view (FOV) (anterior/posterior [AP]× right/left [RL]
× feet/head [FH]) of 111×430×250 mm and a voxel size of 1×1×5 mm3. The
relatively high resolution in the AP and RL direction are necessary to capture
the rapid decay of the |B+

1 | enhancement around the wire. The nominal flip
angles were dynamically varied to be 0.25, 0.5,1, 2, 3, 5, 7.5, 10, 12.5, 15, 17.5,
20, 22.5, 25, 27.5, 30, 35, 40, 60, 80, and 100° . The acquisitions had a repetition
time of 40 ms, leading to a scan duration of 3 minutes 13 seconds per flip angle.
From these acquisitions, the |B+

1 | was determined by fitting the signal from
the spoiled gradient echo acquisitions on a voxel‐by‐voxel basis as function
of flip angle using its well‐known signal equation [98]. The relaxation times
of the phantom fluid were measured [77] and used for the fit with the signal
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equation. The resulting fit parameters provide the magnitude of the trans-mit
field distribution |B+

1 meas| and also the receive sensitivity distribution.
The transceive phase distribution is acquired with two 3D multiecho

spoiled gradient‐recalled echo acquisitions with opposite gradient polarities to
correct for eddy current contributions [5] and potential timing inaccuracies [74].
These scans have the same resolution and FOV as the VFA acquisitions. Four
echoes are acquired to correct for static B0 phase contributions [62], which are
dominated by the jump in susceptibility at the interface separating the air and
the phantom A simple linear regression on the unwrapped phase data as a func-
tion of time is used to correct for B0 contributions. The 3D phase is unwrapped
using an energy minimization framework based on graph cuts [99, 100]. The
B0 and eddy current corrected phase only contains the transmit and receive
RF phase contributions. This transceive phase and the B+1 magnitude distri-
bution are simultaneously fitted with equation 4.8 (and equation 4.9) to find
the parameters {σeff , Γ0, ΓL, c1, c2, ..., Γ12, Γ23, ...} that describe the TM.

The conductivity of the liquid in the phantom is determined using the
SPACY decomposition. The conductivity and permittivity of the phantom
medium determine the wave vector of waves that generate the background field.
A parameter sweep through realistic conductivity (0:1 S/m) and permittivity
(1ϵ0:150ϵ0) values was performed with steps of 0.01 S/m and 1, respectively,
to select the values that give lowest residual in the decomposition of the back-
ground field. Subsequently, the SPACY decomposition is performed with these
optimal dielectric phantom properties to determine the amn’s.

Results
Simulations

First, the applicability of equations 4.8 and 4.9 to describe the scattered
B+

1 field and transceive phase distribution was tested in silica. Simulated |B+
1 |

and transceive phase distributions were fitted with equations 4.8 and 4.9 using
the minimization given in equation 4.10. The results of these fits for a phan-
tom with a 20 cm bare and insulated wire together with the actual simulated
distributions are shown in figures 4.3 and 4.4, respectively. An example of the
resulting TM is given in figure 4.5 for the straight wire trajectories. The TMs
that follow from the other simulated distributions can be found in appendix C
figures 7.4 to 7.10. The background parameters are fixed at the values that re-
sults from the SPACY decomposition of the total field distributions with data
within a 5 cm distance from the implant removed.
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Figure 4.3: The simulated B+
1 magnitude and transceive phase distribution around the bare

20 cm wire in orientations (A), (B), (C), (D), and (E) are shown on the left. These fields are
fitted with equations 4.8 and 4.9 using the minimization given in equation 4.10. The results
from these fits are shown in the third and fourth columns. The absolute error shown on the
right is small compared to the B+

1 magnitude.
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Figure 4.4: The simulated B+
1 magnitude and transceive phase distribution around the insu-

lated 20‐cm wire in orientations Ai, Bi, Ci, and Di are shown on the left. These fields are
fitted with equations 4.8 and 4.9 using the minimization given in equation 4.10. The results
from these fits are shown in the third and fourth columns. The absolute error shown on the
right is small compared to the B+

1 magnitude. The screws that keep the implant afloat are
not captured by the SPACY harmonics and show up as bright spots in the absolute error
map.
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Figure 4.5: Two examples of the TF and TM that follow from the fit of the fields shown in
figures figure 4.3 and figure 4.4. The results for the straight wire aligned with the z‐axis
are displayed here, that is, from distribution (A) and (Ai) in figures figure 4.3 and figure
4.4, respectively. Ideally, the TMs that follow from the full field fit should be identical to
the reference TMs and lie the line x = y in the outmost right figures. This is not exactly
the case, but Pearson correlations are high, with R = 0.983 and R = 0.962 for the bare and
insulated wire, respectively
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Figure 4.6: The normalized TFs that follow from the fits of the simulated fields displayed for
the bare wires and insulated wires in figures 4.3 and 4.4, respectively. The TFs found from
fitting the fields for the different wire trajectories resemble the gold‐standard TF.

When simulations are available, it is possible to make a comparison be-
tween the current that is running in the implant according to the fit and the
current that is actually running in the implant from the simulation results.
Likewise, the background field that follows from the fit can be compared to the
actual background field, which is com-puted in a separate simulation without
a wire in the phan-tom. The maximal absolute relative error in the current
distribution on the wire is 3.8%, and the mean relative error is 1.2% for the
straight wire aligned with the z‐axis. The Pearson correlation between the cur-
rent from simulation and from the fit of the field distributions is 0.9977. The
maximal error in the background field estimate was a lot higher with 26.4%,
which occurs near the edges of the phantom. Nevertheless, the overall shape of
the background field is accurately described with the SPACY decomposition,
as indicated by the average relative error of 3.9%. Also, the more distant de-
viations will not influence the TM and TF assessment. The TF and TM for
the bent wire are compared to simulations in figure 4.4. The normalized TF
that follows from the fit of the |B+

1 | and transceive phase distribution closely
follows the reference TF. The same holds for the wires in the other trajecto-
ries, as is displayed in figure figure 4.5 and in appendix C in figures 7.4 to
7.10. These results show that the model accurately decomposes the total field
into its back-ground component and the scattered component and hence gives
a correct estimate for the induced current and the TF.

For the partially insulated wire, the TM in equation 4.8 depends on 10
parameters, which makes the minimization given by equation 4.10 somewhat
more challenging. The resulting field distribution of the fits for a phantom with
a partially insulated 20 cm wire together with the actual simulated distributions
are shown in figure 4.4. In the case of the insulated wire, the Pearson correlation
between the current from simulation and from the fit of the field distributions
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is 0.9752 with a mean relative error over the distribution of 2.36% (which is an
underestimation of the deviation in the fitted current that is maximal at the
transition between the insulated and bare regions). Still, the TFs that follow
from the fit are in good agreement with the reference TF for all the trajectories.

The results shown in figures 4.3 and 4.4, and the supplementary figures
in appendix C demonstrate that the model given by equations 4.8 and 4.9
describes the fields adequately. The ck parameters that result from fitting the
simulated distributions are the parameters describing the TMs, and thereby the
TFs for the bare and partially insulated wire. These TMs are compared to the
TMs determined with simulations of subsequently repositioned incident electric
fields generated with thin plane wave boxes. The TMs that result from these
simulations are considered the ground‐truth reference. For the wires aligned
with the z‐axis, the TMs that result from the fit of the field are shown in figure
4.5 together with the ground‐truth TM. The first row of the TM is the TF
and is shown in the third column of figure 4.5 . This TF and the TFs that
result from the other in silica experiments together with the directly simulated
reference are shown in figure 4.6. .

Measurements
The same method is tested on experimentally determined |B+

1 | and
transceive phase distributions. The measurement results and their fits are
shown in figures 4.7 and 4.8, respectively. In the measured data, the plastic
screws that are used for the positioning of the wire are visible as signal voids
in the |B+

1 |distribution. Also, the measured distributions and the relative er-
rors show more grainy distributions attributable to the noise in the MR image.
The long wavelength at 1.5T causes the harmonics in the SPACY description
of the background field to vary smoothly, which makes the decomposition rela-
tively insensitive to noise, small signal voids, and other abrupt field variations.
Therefore, the overall distributions seem to be captured accurately with the fit
using equations 4.8 and 4.9 despite the noise. This fit once again provides us
with an estimate of the TM and TF. The TMs for the straight wires aligned
with the main magnetic field direction are shown in figure 4.9. The top sub-
figures show the TM and its first row (i.e., the TF) for the bare wire and the
bottom subfigures show the results for the insulated wire. The TMs for the
other orientations can be found as supplementary figures in appendix C. All the
normalized TFs as determined in the various orientations are shown in figure
4.10.
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Figure 4.7: The measured B+
1 magnitude and transceive phase distribution around the bare

20 cm wire in orientations (A), (B), (C), and (D) are shown on the left. These fields are
fitted with equations 4.8 and 4.9 using the minimization given in equation 4.10 . The results
from these fits are shown in the third and fourth columns. The absolute error is shown on the
right. Despite the evident similarity between the distributions, some discrepancies, especially
around the wire, remain present.

Discussion
A new method has been developed that is able to measure the TF of

a medical implant using only MRI experiments. The method is based on the
previously introduced TM. The first row of the TM is the TF. Both the TM and
the B+

1 background field are parameterized by a small set of unknowns (~10
and ~40, respectively). This enables the measurement of the TF by acquiring
only two MRI data sets that provide the B+

1 magnitude and transceive phase
distributions. The experimentally determined TFs are in good agreement with
the reference TMs with Pearson correlation coefficients of R = 0.971 and R
= 0.952 for the bare and insulated test implant, respectively. The presented
method enables assessment of the TF using only MRI experiments without the
need for dedicated hardware, modifications to the implant, or simulations of
the setup.
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Figure 4.8: The measured B+
1 magnitude and transceive phase distribution around the insu-

lated 20 cm wire in orientations Ai, Bi and Ci are shown on the left. These fields are fitted
with equations 4.8 and 4.9 using the minimization given in equation 4.10. The results from
these fits are shown in the third and fourth columns. The absolute error is shown on the
right. Again, some discrepancies, especially around the wire, remain present

Measurement of the TF by MRI as presented here is only feasible for
elongated “piecewise constant” implants, that is, elongated implants that con-
sist of a small number of segments where each segment has constant effective
wave propagation properties. The different segments can have different wave
propagation constants, similar to the 3‐segment insulated wire parameteriza-
tion that was used as a test implant throughout the work presented here. Only
then is the previously introduced attenuated wave model for the TM appli-
cable. For more complex implants, the parameterization might become more
complex, making the optimization in equation 4.10 numerically challenging.

Both results presented in figure 4.6 and figure 4.10 reveal minor devia-
tions between the normalized TF as determined by the presented method and
the reference. Particularly for the in silica experiment (figures 4.3, 4.4, and
4.5), these deviations might seem remarkable given that the input fields are
simulated and do not have any imperfections that are typical for measured
field distributions. The deviations likely originate from simplifications that
were made for the presented method that are approximately, but not entirely,
valid. The most important assumption is the transceive phase approximation
required for the background field determination. The phase of the B+1 field
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Figure 4.9: Two examples of the TF and TM that follow from the fit of the fields shown in
figures 4.3 and 4.4. The results for the straight wire aligned with the z‐axis are displayed
here, that is, from distribution (A) and (Ai) in figures 4.3 and 4.4, respectively. Ideally, the
TMs that follow from the full field fit should be identical to the reference TMs and lie the
line x = y in the outmost right figures. This is not exactly the case, but Pearson correlations
are high, with R = 0.983 and R = 0.962 for the bare and insulated wire, respectively
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Figure 4.10: The normalized TFs that follow from the fits of the measured fields displayed
for the bare wires and insulated wires in figures 4.8 and 4.9, respectively. The TFs found
from fitting the fields for the different wire trajectories resemble the gold‐standard TF and
each other. The correlation coefficients are above 0.98 for the bare and above 0.94 for the
insulated wires. The agreement found between the TFs can be viewed as a validation of the
measurements

is not exactly equal to half the transceive phase with deviations ranging from
–0.29 to +0.30 radians in simulations. The maximal relative overestimation
in the B+1 phase distribution compared to half the transceive phase is 16.7%,
and the maximal relative underestimation is 12.3%. Nevertheless, the overall
distributions are similar, with an average relative error of 3.6% and a Pearson
correlation of 0.924. The largest errors occur at the edges of the phantom.
Overall, this minor violation of the transceive phase approximation partly ex-
plains the modest deviations in figures ?? given that it will result in inaccuracies
in the electric field determined from the derivative of the complex B+

1 bg.
However, for setups where the transceive phase approximation breaks

down, the method in its current form will show larger deviations. The devia-
tion will lead to inaccuracies in the incident electric field determined from the
complex B+

1 bg using equation 4.3. Hence, caution has to be taken when imag-
ing is performed with another transmit coil or when the implant is positioned
away from the center of the birdcage coil. The RF interactions of an implant
can, however, be assessed in a different imaging location and with a different
coil than the actual examination. This freedom should be used to make sure
the assumption underlying equation 4.3 is accurate.

Second, the assumption that the z‐component of the RF magnetic field
is negligible, that is, the electric field is fully oriented in the z‐direction, might
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not always hold. In the phantom experiment presented here, on average 80.3%
of the magnitude of incident electric is contained in its z‐component. At the
location of the implant, this percentage is 97.8%. So, the incident electric field
can be considered to be z‐directed. This is not generally true and especially
starts to fail around material interfaces in the xy‐plane. Both the x‐ and
y‐component of the electric field as well as the error in the transceive phase
approximation are considered to be responsible for the discrepancy between the
reference TFs and the ones determined with in silica experiments are shown in
figure 4.5.

Obviously, even more discrepancies are visible between the experimen-
tally determined TM or TF and the reference. One reason can be minor dif-
ferences between the experimental and the simulation setup. For example a
potential cause of deviation is the difference in material properties of the in-
sulation layer around the insulated wire, which is considered to be polyvinyl
chloride and can have quite a significant effect [?].

The choice for the multi–flip angle |B+
1 | mapping technique is based on

previous work [45]. This is a time‐consuming method (3 minutes 13 seconds
per flip angle for 20 flip angles, leading to a total acquisition time of 1 hour 4
min-utes 20 seconds) and requires acquisitions with a high nominal flip angle
(100°). Other B+

1 mapping techniques [73, 84, 85] will be faster, but may not
have the required dynamic range. Optimization of the B+

1 mapping sequence
is not yet performed and may speed up the presented method.

Furthermore, the implants used throughout this work do not generate a
susceptibility artifact. Some implants induce B0 distortions, especially when
they are not aligned with B0, which result in distinctive signal voids and bloom-
ing artifacts and also require adaptations to make customary B+

1 -mapping
techniques work [101]. Especially more bulky implants will require additional
effort to make the presented method applicable. For the proof of principle
presented here, the variable flip angle (VFA) has shown to be the most suit-
able B+

1 mapping technique, but for different experiments, other choices might
prove more fitting.

To validate the presented method, an independent second electric field
exposure can be used to perform separate measurements and verify whether
the same TF is found. Such a different incident electric field distribution is
obtained by repositioning the implant in the phantom. The implants in the
various trajectories will be exposed to different incident electric fields, and
hence various currents will be induced. Nevertheless, the TMs and TFs distilled
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from fitting the B+
1 magnitude and transceive phase distributions should be,

in principle, the same given that it is generally assumed that different loading
conditions have negligible impact on the TM. All measured TFs turn out to
correlate strongly.

Conventionally, transfer functions are determined in homogeneous, liq-
uid phantoms. Only then is the measurement probe able to scan along the full
length of the implant. The method described here is based on MR images, and
hence the measurement phantom does not need to be fluid or homogeneous.
Therefore, this method bears potential for measuring the transfer function in
heterogeneous media, such as inhomogeneous phantoms or even corpses. For
this purpose, some difficulties still need to be addressed. One of these is that
the attenuated wave model will presumably require a location‐dependent wave
propagation constant to describe the attenuation and wavelength of the cur-
rents in the implant. Likewise, the SPACY decomposition of the background
field might need to be extended with solutions to the Helmholtz equation for
inhomogeneous media. However, a recent study shows that even for inhomo-
geneous situations, the SPACY decomposition seems to work adequately [87].

In principle, the presented method could even be considered as a stepping
stone for the measurement of the TF in vivo. However, for this purpose, even
more challenges need to be addressed. First of all, a significant speedup of the
measurement is necessary. This would require the adaptation of the method
such that it can use a local receive array, rather than the birdcage body coil, for
receive as presented here. Furthermore, a fast, low‐power B+

1 ‐mapping tech-
nique with large dynamic range would be needed. If in vivo TF determination
becomes possible, certain worst‐case assumptions could be relaxed, possibly
enabling scanning of patients with implants of which the RF heating potential
is unknown or has resulted in a contraindication for MR exams. MR‐based TF
determination could furthermore lead to faster scanning or improved image
quality in the case of subjects with MR conditional implants.
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Abstract

Introduction: In this work a simulation study is performed to
gain insights in the patterns of induced radiofrequency (RF) currents
for various implant-like structures at 1.5T. The previously introduced
transfer matrix (TM) is used to determine why certain current pat-
terns have a tendency to naturally occur. This can benefit current
safety assessment techniques and may enable the identification of crit-
ical exposure conditions.

Theory & Methods: The induced current on an elongated im-
plant can be determined by multiplication of the incident electric field
along the implant with its TM. The eigenmode spectrum of the TMs
for various lengths and various types of implants are determined. The
eigenvector with the highest eigenvalue describes the incident electric
field pattern that induces the highest current which in turn will lead
to highest heating. Subsequently, a statistical probability analysis is
performed using a wide range of potential incident electric field distri-
butions in a representative human subject model during a 1.5T MR
exam which are determined by means of electromagnetic FDTD sim-
ulations. These incident electric field distributions and the resulting
induced current patterns are projected onto eigenvectors of the TM
to determine which eigenmodes of the implant dominate the current
patterns.

Results: The eigenvectors of the TM of bare and insulated wires
resemble sinusoidal harmonics of a string fixed at both ends similar to
the natural-current distribution on thin antennas [102]. The currents
on implants shorter than 20cm are generally dominated by the first
harmonic (similar to half a sine wave). This is firstly because for these
implant lengths (relative to the RF wavelength), the first eigenvalue
is more than three times bigger than the second showing the ability
of an implant to accommodate one eigenmode better than another.
Secondly, the incident electric fields have a high likelihood (�95,7%)
to project predominantly on this first eigenmode.

Conclusions: The eigenmode spectrum of the TM of an implant
provides insight into the expected shape of induced current distribu-
tions and worst-case exposure conditions. For short implants, the first
eigenvector is dominant. In addition, realistic incident electric field
distributions project more heavily on this eigenvector. Both effects
together cause significant currents to always resemble the dominant
eigenmode of the TM for short implants at 1.5T.
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Introduction
Medical implants in patients undergoing MRI investigations can pose a

safety risk. One of the main safety risks is the hazardous interaction of the
implant with the transmit RF field of the MRI system. Conductive structures
(like metallic implants) when exposed to the RF electric field component of the
RF field tangential to the implant will accommodate currents. The currents
cause charge accumulation resulting potentially into sharply peaked electric
fields and local tissue heating predominantly occurring at lead tips [25]. Espe-
cially elongated implants like guide wires [25], implanted pacemakers leads [26],
ECGs [27] and deep brain stimulators [28,29] have shown a capacity to pick-up
and focus energy from RF electric fields. Temperature rises of up to 48° C and
20° C degrees have been found in phantom [30] and pig [26] experiments for
guide wires and pacemaker leads respectively.

This tip heating can be calculated from the incident RF electric field
with an implant characteristic called the transfer function(TF) [41]. The TF
describes the contribution of a localized incident electric field at a certain po-
sition along the length of the implant to the scattered field at the tip. Thus,
given a distribution of the incident electric field along the implant the scattered
field at the tip can be calculated. Recently, the concept of the transfer func-
tion has been extended to the transfer matrix(TM) [92]. The TM computes
the entire induced current profile over the implant from of an incident electric
field along the length of the implant. This current can subsequently be used
to calculate tip heating [37,103].

The extension of the TF to the TM was originally developed for MR based
TF determination [92]. In this work we will show that the TM also provides
information about the shape of the current patterns that occur on implants and
on worst case electric field exposure conditions. It will be shown that naturally
occurring current patterns can be determined from the eigenmode spectrum
of the TM of an implant because they correspond to the eigenmodes with the
highest eigenvalues.

Firstly, the TMs of various elongated implant structures will be de-
termined through electromagnetic simulations. Subsequently, the eigenmode
spectrum of these TMs is calculated. Secondly, realistic incident electric field
distributions inside a representative patient model, which has been extensively
researched [104–106], are determined with simulations. These electric fields are
used to compute potential currents in various implants using their TMs. The
currents are subsequently evaluated in a probabilistic approach to determine
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what shapes of current distributions on the implant are most likely induced. It
is shown that the TM of an implant provides its intrinsically supported current
patterns which can help to identify hazardous and safe exposure conditions and
provides insights into the resonating behavior of implants.

Methods
Determination of the TM

Determination of the TM The TM, M , relates the induced current pat-
tern over the implant (described by vector I) to the incident electric field along
the implant (described by vector E) that caused it, through:

I = ME. (5.1)

Bare and partially insulated wires of various lengths are investigated. Their
TMs are computed from electromagnetic simulations(Sim4Life, ZMT, Zurich,
Switzerland) where currents are induced in the various implants by localized
electric field excitation created with plane wave sources [92] of 5mm width.
The simplest implant is a bare wire with a 2.5 mm diameter, for which the TM
is determined for wire lengths of 10cm, 20cm 30cm and 40cm with a resolution
corresponding to the width of the plane wave sources. The TM of the 20 cm
wire is also determined for a situation where one end of the wire is attached
to a cube of perfect electric conductive material with 4 cm edges intended to
mimic an implantable pulse generator (IPG). A third 20 cm wire is composed
of an 8 cm insulated region and a 12 cm bare region to explore the effect of an
impedance transition. Another set of wires for which the TM is determined is
insulated except for a small bare part of 1cm at both ends. Also, these wires
were studied for a wire length of 10cm, 20cm 30cm and 40cm. An overview of
all investigated structures is shown in table 5.1. All structures are gridded with
a 0.2 mm isotropic resolution perpendicular to the long axis of the implant and
0.5 mm resolution along the long axis

Note that the simulation method of subsequently repositioned localized
electric field excitations for TM determination used here is equivalent to the
piecewise excitation method [41, 42] used for transfer function determination
with the distinction that the entire induced current distribution and not only
the tip field is monitored.

The conductive parts of the wires are made of copper with a conduc-
tivity (at 64MHz) of 5.8·107S\m. The 0.5mm thick insulation layer has a
relative permittivity of 3 and is non-conductive. These generic structures were
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Figure 5.1: The TM of the bare (top) and insulated wire (bottom) of 20cm length together
with its first 4 eigenvectors. The eigenvectors are sine shaped modes with increasing number
of nodes on the length of the implant. For the structures investigated in this work the first
eigenvector always is the mode with smallest number of nodes. This potentially changes if
the length of the implants exceeds the maximal length investigated here and will depend on
the ratio between the wavelength and the length of the implant. It will result in a different
ordering of the modes, but not in an alteration of their overall appearance.

used in this exploration because their TMs will vary significantly and show
different responses to an incident electric field. Furthermore, the bare and
insulated wires of 20cm length have known properties and have been used in
other works [41, 59, 66]. All the structures were simulated in a saline solution
(relative permittivity of 78 and a conductivity of 0.47 S\m) that filled the entire
computational domain. These properties correspond to the medium described
in test standards [61].

Once the TM of an implant has been simulated, the eigenvalues and
eigenvectors of this matrix of size NxN are determined with MATLAB (Math-
Works, Natick, MA). These eigenvectors give the characteristic eigen current
modes in the implant. One can always decompose (part of) the incident electric
field in the first k eigenvectors of the TM. Therefore,

I = ME = M(α1v1 + α2v2 + . . .+ αkvk + Er). (5.2)

Here vi stands for the ith eigenvector, vi of M . αi is the coefficient
in the eigenvector decomposition. It is computed by taking the normalized
inner product of the corresponding eigenvector with the incident field, i.e. v⃗i ·
( ⃗Einc)/ ∥Einc∥. Er is the part of the electric field that is not decomposable
into the first k eigenvectors of the TM and is generally extremely small after
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inclusion of only a few eigenvectors (for example, already on average 53.3% of
Einc is projected onto the first eigenvector, i.e. for all incident electric fields
the average residual Er is 46.7% of the initial Einc showing that the typical
incident electric field distribution has a large component that can be described
by the first eigenmode of the TM). Hence,

I ≈ (λ1α1v1 + λ2α2v2 + . . .+ λkαkvk). (5.3)

Now it is clear that particularly the eigenvector with the highest eigenvalue
has the potential to manifest itself as induced current pattern when it is ‘ex-
cited’ because the contributions of the various eigenvectors are weighted by
the corresponding eigenvalue. This occurs when the inner product between the
electric field and this eigenvector is large. The first two eigenvectors of the
various structures are shown in table 5.1.

Determination of possible electric field exposures
Another FDTD electromagnetic simulation is performed to determine

realistic incident electric field distributions. These distributions are determined
from a simulation of “Duke” from the Virtual Family [107] positioned for a
cardiac MRI in a 1.5 T (or 64MHz) highpass birdcage coil, driven in quadrature.
The simulation setup is shown in figure 1. The birdcage coil has 16 rungs, a
35.2 cm coil radius and 42 cm rung length. The RF shield has a 37.2 cm radius,
70 cm length and is composed of perfect electric conductor. Duke was resolved
in 2 mm isotropic grid. The additional gridlines of the birdcage coil lead to an
average resolution of 1.93x1.94x2mm. The simulation time is set to 100 periods
leading to a final power balance of 100.53%.

From the electric field distribution inside Duke, that is predominantly z-
oriented, the potential electric field exposures along the implant are extracted.
For this purpose, the complete set of possible positions of the implant within
the model is evaluated and for each position the incident electric field Ez along
the implant is extracted. To speed up this process the electric field inside duke
is linearly interpolated to a 2x2x5 mm resolution. The resolution in the z-
direction corresponds to the resolution of the TM, i.e. the width of the plane
wave boxes used in the piecewise excitation method. For all positions, the wires
are assumed to be z-oriented because this configuration will in general lead to
worst case exposure conditions and are most likely to occur for linear implants.
All connected Ez field distributions of 10cm, 20cm, 30cm and 40cm length
inside the human model are extracted from the interpolated electric field, i.e.
the complex Ez values inside respectively all 20, 40, 60 and 80 connected ‘Duke’
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Table 5.1: The first and second eigenvector of the TMs of the various investigated structures are
shown as black and red lines respectively. The fraction between the corresponding 1st and 2nd

eigenvalue, i.e. λ1 and λ2, increases with increasing implant length. This shows that the current
pattern on longer wires will start to become a superposition of multiple eigenvectors, whereas the
current pattern on the shorter implants is essentially dominated by the first eigenvector. Note that
for the lengths displayed here the first eigenvector always has one maximum. For longer implants
(or higher frequencies) the the eigenvector with the highest eigenvalue can also have multiple
maxima.

voxels for the 10cm, 20cm, 30cm and 40cm wire create the distribution of Einc

fields. The distribution of incident electric fields, created in this manner, is
assumed to be a representative collection of potential electric field exposures.

Determination of possible induced current patterns
The TM is applied to gain insight into the current patterns that can be

excited on an implant given the collection of potential incident electric field
exposures. Multiplication of the transfer matrix with all possible incident Ez

distributions will result in the corresponding current patterns. Note that the
highest Ez does not necessarily correspond to the highest current.

Next to a direct calculation of the currents on the wires a more detailed
analysis of the resulting current patterns is performed based on the eigenvectors
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Figure 5.2: The simulation setup of Duke in the birdcage is shown on the left. The electric
field distributions (scaled to 30 µT peak B+

1 ), resulting from the simulations performed with
this setup, show that the electric field inside Duke is predominantly z-oriented. From the
electric field distribution inside Duke all 10cm, 20cm, 30cm and 40cm distributions in the
z-direction are extracted. These distributions represent all possible electric field exposures
that an implant of identical length directed along the z-axis (often worst case) can encounter.

of the TM. Firstly, all the electric field distributions are decomposed into the
eigenvectors of the TM to identify modes that are ‘excited’ more heavily. The
projection of eigenvector vi onto a particular Ez distribution will be denoted
with αi, i.e. v⃗i · (E⃗inc)/ ∥Einc∥. This projection purely displays how efficient
an external field can excite certain current modes and contains no information
on the ability of an implant to accommodate a certain mode.

Secondly, after obtaining the induced current on the wire by multiplica-
tion of Ez with the TM the actual contribution of a particular eigenvector to
this distribution will be denoted by βi, i.e. v⃗i · (I⃗ind)/ ∥Iind∥. In these projec-
tions the weighting due to the magnitude of the corresponding eigenvalue are
incorporated. The magnitude of the eigenvalue is a quantitative measure of
the ability of an implant to accommodate the corresponding eigenvector.

Results
Figure 5.1 shows the magnitude of the TMs of the bare and insulated wire

of 20 cm length with their first 4 eigenvectors. These eigenvectors come in the
shape of sine waves with increasing frequency similar to the natural harmonics
that appear on a musical string when it is fixed on both ends. The eigenvectors
of the bare and insulated wires of other lengths follow similar patterns. The
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eigenvectors of the TM of the partially insulated wire shows a resemblance to
the harmonics on a string with variable density along the length of the wire.
The TM of the wire that is attached to a conductive block has eigenvectors
similar to the standing waves in a pipe with one open end (the end attached to
the conductive block). This is similar to the current on a quarter wavelength
grounded antenna [108]. The endpoint of this implant, where it is attached
to the IPG, acts as if it is grounded and hence open. The other end which is
embedded in poorly conducting material is closed.

Table 5.1 shows that the bare and insulated implants with a length of 20
cm and shorter have a 1st eigenvalue that is three or more times bigger than
the 2nd eigenvalue. For the 20 cm and 10 cm bare wires the second eigenvalue
is only 27% and 33% of the first eigenvalue respectively. In the other structures
this dominance is also found with an exception of the bare wire connected on
one end to a conductive block, which has a second eigenvector that is 57% of the
first. The dominant first eigenvalue shows that one specific current pattern (the
eigenvector corresponding to this eigenvalue) will have the largest contribution
to the overall current distribution. The dominance of certain modes depends
on the length of the implant and the wavelength of the RF field in the medium
and is related to resonance effects [109]. The wavelength of electromagnetic
waves in the test medium at 64MHz is 44cm [110]. The implants shorter than
20cm (less than half a wavelength) can therefore only accommodate a single
mode (the one with a single maximum) whereas the 40cm implants are already
able to accommodate higher modes as can be seen by the large magnitude of
the second eigenvalue.

After the simulation of the incident electric field in the model ‘Duke’, in
total 2.83 million electric field exposures of 10 cm, 2.27 million electric field
exposures of 20 cm, 1.85 million electric field exposures of 30 cm and 1.53
million electric field exposures of 40 cm are extracted. When integrating the
electric fields over the implant length, the highest electric potentials are 268V,
445V, 572V and 657V for 10cm, 20cm 30cm and 40cm length respectively after
scaling the B+

1 max of the birdcage coil to 30 µT in the center of the imaging
domain.

These electric field distributions are projected onto the first and second
eigenvector of the TM of the various implants. The projections are denoted by
α1 and α2. The ratio between α1 and α2/α1 indicates how strongly an incident
electric field couples to the first eigenvector with respect to the second. The
distributions of these ratios for all possible electric field exposures are shown
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in figure 5.3 as histograms for the bare and insulated wire. Figure 5.3a, for
example, shows two graphs. One for the bare and one for the insulated wire,
which are more or less similar. The vertical dashed line displays where the
ratio α2/α1 equals 1. The large majority of the potential incident electric field
distributions results in a α2/α1 ratio smaller or much smaller than 1 (i.e. the
first eigenvector is dominant) with a maximum likelihood around α2/α1 =
0.176 and 0.171 for the bare and insulated wire respectively. Only in 1.7 and
1.8% of the cases, for the bare and insulated wires respectively, the projection
of the incident field on the second eigenvector is larger.

Looking at all histograms, it is clear that for all wire lengths exciting
the first eigenvector is more likely than exciting the second eigenvector. This
likelihood goes down with increasing implant length from ca. 98% for 10 cm
wires to 81% for 40 cm wires. On top of this, in the less likely situation that
the incident electric field excites the second eigenvector stronger, the amplitude
of that electric field distribution tends to be lower: the worst-case electric
fields that have a larger projection onto the second eigenvector (of a bare wire)
compared to the first, i.e. α2 > α1, are respectively only 73%, 47%, 39% and
41% of the highest electric potentials in general. So even though it can happen
that the second mode is excited more effectively by an incident field then this
will not correspond to the worst-case exposure.

Multiplication of the incident electric fields with the TM results in the
total induced currents on the implant. The current distributions are, like the
incident electric fields, projected onto the first two eigenvectors of the TM.
These projections, denoted by β1 and β2, describe to which eigenvector the
induced currents are more similar. These values will be influenced by both
the effectiveness of the electric field in exciting a certain eigenvector and the
ability of the implant to support this mode. In figure 5.4 the maximal current
in the implant is displayed against β2/β1. In these scatter plots each point
represents one potential incident electric field distribution (i.e. one potential
implant position in our simulated model Duke). The horizontal position of each
point represents the β2/β1 ratio. If β2/β1 > 1 the current distribution will be
more like the first eigenvector. If β2/β1 > 1, the current will be more like the
second eigenvector or contain even contributions from higher eigenvectors. The
vertical position of each point represents the largest current amplitude along
the wire for this incident electric field distribution.

For 10cm wires, the large majority of potential incident electric field
distributions results in a current distribution along the wire that is highly
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Figure 5.3: The electric field distributions of the various lengths shown in figure 2 are projected
onto the first two eigenvectors of the TM of the various implants with the same length. Here,
histograms of the fraction between both projection values are displayed. If α2/α1 > 1, the
incident electric field has a larger projection onto the second eigenvector. For the wires shorter
than 20cm more than 95% of the electric field distribution are more efficient in exciting the
first eigenvector of the TM, with exception of the bare wire connected to a conductive block.

similar to its first eigenvector (β2/β1 ≪ 1). Only a very small minority of the
potential incident electric fields realizes current distributions along the implant
that are more similar to the second eigenvector. However, in these situations
the maximum amplitude of the induced current is rather low. From figure 5.4
it can be seen that for longer implants the induced currents start to have a
larger contribution from the second eigenvector because the entire distribution
is shifted towards the region where β2/β1 > 1. For all lengths, the amplitude
of current distributions that are more similar to the second eigenvector are well
below the maximum amplitude of induced currents in general. In addition, this
situation is less likely to occur. The distribution of current maxima is on the
verge of crossing the β2/β1=1 line for the 40cm bare wire. This indicates that
at 1.5T wires longer than approximately 40cm will start to have a dominant
eigenvector with two current maxima.
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Figure 5.4: The maximum of the current distribution in the wires of various lengths plotted
against the fraction between the projection of the 2nd and 1st eigenvector of the TM onto this
distribution. When this fraction is higher than 1 the current is more similar to the second
eigenvector of the TM. From these plots it is clear that the currents induced on the wires
predominantly take on a pattern comparable to the first eigenvector which was already to be
expected in view of figure 5.3. It is furthermore clear that when a current higher than 50%
of the worst-case current is induced the distribution will always be dominated by the first
eigenvector.
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Discussion
Numerical simulations are performed to determine the TM of various

implants. These TMs are subsequently multiplied with a large number of po-
tential incident electric field distributions. These distributions are obtained
by extracting the electric field values along the wire for all physically possible
positions of the corresponding wire inside a human model. The electric field
distribution inside this model is also determined by numerical electromagnetic
simulations. The resulting current distributions always tend to appear in a
pattern similar to the first dominant eigenvector of the TM of this implant.
This especially holds for implants shorter than 20cm. The dominant eigen-
vectors are always current patterns with one maximum along the implant for
the lengths and implants investigated in this work. Note that for longer im-
plants and\or larger frequencies, it is likely that the largest eigenvector may
in fact show two maxima and the second eigenvector only has one. This es-
sentially interchanges the eigenvectors when ordered based on the magnitude
of the corresponding eigenvalue. The first and second eigenvectors might both
contribute significantly for longer implants. The current in the implant can
always be decomposed into the eigenvectors of the TM, but generally since the
eigenvalues decrease quickly in magnitude a decomposition with only the first
few eigenvectors leads to an accurate approximation.

For MRI based current monitoring purposes it is useful to know the shape
of the current pattern induced on a wire. This can help improve the accuracy
of measured outcomes, allow extrapolation of measured currents to regions
outside the field of view of the MRI acquisition or speed up measurements.
Knowledge of the TM of an implant is a prerequisite to determine eigenvector
resonances and the corresponding current distributions. If an implant with un-
known characteristics is present this knowledge might be available or attainable
by means of simulations [41,66] or measurements [42,43].

The TM of the implants was determined through simulations in a back-
ground of high permittivity medium as described in safety standard [53, 61].
This TM is subsequently used to determine currents induced at various loca-
tions inside Duke without considering potential changes in the TM due the local
dielectric properties. The transfer function, and hence also the TM, is however
known to be dependent on the dielectric properties of its surroundings [111–113]
and this straightforward translation will introduce an inaccuracy. The extent
of this inaccuracy and the way it will influence the current distributions shown
in figure 4 is interesting, but is beyond the scope of this paper. An explorative
study was presented by Kozlov et al [35].
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In this work the electric field distribution inside a human subject is only
simulated for one specific model at one specific imaging position in one specific
RF coil. Extensions to more locations of Duke inside various coils and using
various human models may be necessary to provide confidence that the found
results are generalizable to other scenarios. It must be assessed if the millions
of incident electric field distributions extracted from this single situation are
representative for the other situations as well.

Conclusion
The eigenvectors of the transfer matrix of wire-like implants show simi-

larities to naturally occurring current patterns on thin dipole antennas resem-
bling sinusoidal standing wave patterns. The endpoints of these dipoles are
grounded (open) when attached to a ‘large’ conductive component like an IPG
and closed when embedded in a poor conductor like human tissue. This eigen-
vector spectrum explains why currents induced on short (L ≤ 20cm) implants
have a tendency to appear in one specific pattern. Firstly, the relatively large
first eigenvalue shows dominance of the first eigenvector. This is a reflection of
the ability of an implant to support one current pattern better than another.
The second reason is the likelihood of realistic RF exposures to match these
modes. A large set of potential incident electric field distributions was used
to show that the large majority of these potential incident fields projects most
strongly on the first eigenmode. For all tested implants over 80% of electric
field distributions excites the dominant mode more heavily (a number which
increases up to 98% for 10cm wires).

If, by coincidence, the second eigenmode is excited more heavily, the cor-
responding electric field distribution has an integral value far from the worst
case (maximally 73%) found in duke. Furthermore, the maximum of the in-
duced current will not reach values close to the potential maximally induced
current inside duke (maximally 47%) which can be translated in an approxi-
mately four fold [103] decrease in heating.

So, if strong heating is present due to an implant the current pattern
causing it, will reflect the dominant eigenvector of its TM. Most severe heating
will occur when the incident electric field projects predominantly onto this
dominant eigenvector. These insights can be used to aid current monitoring
techniques, identify hazardous situations and strategies [72,114,115] to mitigate
implant heating.
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CHAPTER 6
General Discussion &
Summary
Epitome

The presented work is aimed at approaching MR implant safety in a dif-
ferent way. By using the MR scanner as a tool for RF safety assessment a
hazard also brings an opportunity. Existing knowledge on RF induced current
mapping together with an insight by Feng et al [59] to apply the principle of
reciprocity to the RF transfer function of an implant steered the research to-
wards MRI-based measurement procedures of this implant characteristic. To
enable MRI-based RF safety assessment of implants it was necessary to gener-
alize the concept of transfer function to a ‘transfer matrix’ (TM). The matrix
description not only facilitates TF determination with MRI, but in itself con-
tains valuable information about the behavior of an implant. Here we provide
some additional comments on the results presented in the individual chapters
followed by a more general discussion to place this work into perspective.

TF determination with the implant as a transceive antenna
TF determination with the implant as a transceive antenna In chapter one

a soldering connection is made between the implant and a coaxial cable thereby
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transforming an implant into a transceive antenna. The current induced in
the implant in this manner is directly proportional to its TF [66]. Hence its
normalized TF can be directly determined from MRI images acquired with
this antenna using current mapping techniques. This alternative experimental
method allows relatively quick TF determination in a phantom experiment
with a high resolution.

The necessary modifications made to the implants did not seem to al-
ter their transfer function. Despite the fact that the structures were poorly
matched to the transmit/receive coax cable, which causes poor antenna per-
formance, the current distribution along the implant was resolvable thanks to
the strong B1 in the proximity of the implant. In fact, as we realize now, this
mismatch plays an important role. Due to the poor matching currents that are
running on the implant are not easily transmitted into the coaxial cable. For
this reason, the implant is electromagnetically relatively isolated from the coax
cable as shown in figure 6.1 and solely the TF of the implant is measured. If a
matching network would be added between the coax cable and the implant, the
reflections could be avoided. However, the currents on the implant would be
able to directly propagate into the coax cable which is not representative of re-
alistic implants. Therefore, for this method the impedance mismatch between
cable and implant is essential. The boundary conditions in the experiment
should be identical to the actual situation. In reality the implant finds an open
end connection, which would result in (near) zero current boundary condition.
This is mimicked by the poorly matched coax cable.

Initially, the method had been tried without soldering the cable to the
implant but merely placing the open-ended coax cable in close vicinity of the
implant ending. However, the power transfer from the cable to the implant
was so minimal that the signal was hardly visible even after many averages.
The MRI-based assessment of the TF has the advantage that it can be applied
in more realistic surroundings. Whereas conventional methods work only in
homogenous (liquid) test media the presented method works in solids and can
be adapted to work in heterogeneous media. The current technical specifica-
tion 10974 clarifies transfer functions should be determined in a test medium
that is representative for the tissue that the device will be implanted in. Sev-
eral representative media are suggested. If an implant goes through multiple
media (for more than 10% of its cumulative length), or lies on the interface of
multiple media the heating in all media should be evaluated. The worst case
heating has to be taken from these media and yet still safety margins might
be necessary because one homogeneous medium is not an accurate depiction
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Figure 6.1: The impedance of the coax cable and of the implant are very different such that
the reflection coefficient from the implant into the coax cable, i.e. (Z1 − Z2)/(Z1 + Z2) is
close to ±1. This resembles the poor matching of a realistic scenario between the tip of the
implant and the phantom tissue (in experiments) or human tissue (in vivo) around it due
to the big difference in conductivity. This makes the reflection coefficient at the tip close to
unity and makes it possible to consider the implant as an isolated system for the currents.
The same should and incidentally did hold for the suggested MR based method. In this case
two structures capable of conducting currents are connected so the mismatch is not a given.
If the implant and coax cable would be matched the currents will see an altered reflection
coefficient and hence an altered transfer function.

of the actually heterogeneous situation [35, 112, 113]. The MR based method
provides possibilities to test how the TF depends on the medium parameters in
a more realistic setting and can even be used in animal experiments or corpses.

However, the requirement to solder a coax cable to the implant is a dis-
advantage because for realistic implants it may damage or alter the implant.
In addition, these results have directed our research ambition toward TF mea-
surements in-vivo. Unfortunately, the current method with a cable attached
to the implant is fundamentally unsuitable for in-vivo usage.

Contactless transfer function determination
A step towards in-vivo TF determination was made in chapters three and

four. In these chapters the implant is no longer attached to a coaxial cable.
Not the implant itself, but the regular RF transmit coil of the MRI system
(the birdcage body coil) is used for the MR acquisitions from which the TF is
determined. Unlike a soldered coax cable, these coils always create a distributed
RF electric field. To relate this distributed incident field to an induced current
in the implant, the TM was introduced. Its columns give the currents that
are induced for an electric field at the location corresponding to this column
and thus could be regarded as a sort of scatter current matrix for the implant.
The transfer function is hence given by the first column of the transfer matrix
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because it describes the current distribution that results from an electric field
at the tip of the implant. In this way a single measurement of the current in an
implant and the incident electric field that caused it, is actually a collection of
equations relating a collection of localized electric fields (a discretized version
of the incident electric field distribution) to a current distribution. The matrix
contains more unknowns than the TF, but conveniently the columns and rows
are related. This is a consequence of the fact that the same physical properties
of the implant govern the way currents are induced for electric fields incident
on various locations of the implant and a symmetry introduced by the principle
of reciprocity.

For the implants used throughout this work an analytical description
based on a transmission line model of forward and backward propagating cur-
rent waves reflected at impedance boundaries is used to parameterize the TM
to reduce the number of unknowns in the TM. Despite its simplicity, e.g. ig-
noring evanescent higher order wave effects and restraining to a 1D description,
the model was able to accurately describe the TMs that resulted from simula-
tions. The model was used to describe the TM of bare and partially insulated
wires with a maximum of two impedance transitions. The current has a differ-
ent propagation constant in the bare and the insulated parts of a wire. This
is equivalent to a wire embedded into two different media. Extensions to the
model to include three or more impedance transitions are possible but will
make the derivation in the appendix of chapter three more cumbersome and
increase the number of unknowns. If the TF and TM would be determined in
a realistically inhomogeneous environment (e.g. in an animal model or corpse)
the number of impedance transitions would even be much larger. In a benefi-
cial scenario, the heterogeneous surroundings of the implant would act as one
effectively homogeneous medium to the current waves with one corresponding
propagation constant. In the more general case, the model may need to be
adapted.

In chapter three the transfer matrix concept combined with the parame-
terized TM is used to determine the TFs wirelessly. In a known experimental
setup the incident electric field is computed with electromagnetic simulations
and the current is measured with MRI using |B+

1 | and transceive phase ac-
quisitions [45, 55, 71]. The TFs that are subsequently determined from these
quantities closely match ground truth numerical results. The necessity to ex-
tract the incident electric field from simulations limits the method applicability
to situations where the dielectric properties of the subject and the exact drive
and design of the RF coil are known. This knowledge, especially about the
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dielectric properties of the subject, is often lacking. Therefore, the method was
extended in chapter four to remove the necessity of electromagnetic simulation.

To overcome the requirement of a dielectric model of the human subject
to simulate the incident electric field, a measurement method to determine
the incident electric field is required. However, MR imaging can only directly
depict the magnitude of the transverse magnetic component of the RF field
distribution, i.e. |B+

1 |. Still, (parts of) the electric field can be determined
from MR accessible quantities because Maxwell’s equations relate the electric
and magnetic component of the electromagnetic field. This is used in chapter
four. Some assumptions are required to justify the electric field determination
from MR accessible quantities. Firstly, the magnetic field generated by the RF
coil is assumed to have a negligibly small z component. This holds especially
well in the center of birdcage coils (most often used in clinical practice) but
not for regions more distant in the caudal or cranial direction. Furthermore, a
significant contribution from B1,z would only be relevant for implants that are
not aligned with the z-axis because this component would translate into Ex
and Ey contributions. Secondly, the transceive phase approximation (∠B+

1 =
∠B−

1 ) is required to hold in the absence of the implant. This is necessary to
determine the phase of the complex B+

1 field. Another strategy to determine
the electric field from the complex B+

1 could be based on deep learning. It was
shown that a convolutional neural network can map the local SAR from MR
Dixon images and B+

1 magnitude and relative phase field maps [116]. A similar
approach could be used here to estimate the incident electric field. That would
likely still require removal of a region where the scattered field has a significant
contribution.

In principle the purely experimental method presented in chapter four
can be applied to in-vivo TF determination. In practice, still some hurdles
have to be overcome. A speed-up of the presented method is required, which is
most likely achievable trough the usage of a faster B+

1 mapping technique. This
method should still be able to determine the actual B+

1 values in a high dynamic
range and therefore standard techniques do not directly provide a viable option.
A second hurdle is expected to come from the transceive phase approximation.
It holds for spherical or cylindrical phantoms but is less accurate in a human
subject. Also, the required transceive phase assumption forces the usage of
the bodycoil in receive which is a severe concession in the achievable SNR and
therefore acquisition speed. The usage of a local receive array which can be
placed closer to the body would give an SNR boost, but makes assessment
of the B+

1 phase challenging. One seemingly easy approach would be to use
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Figure 6.2: A. The artifact around a current carrying wire in a SPGR MR image with a 20
degree flip angle acquired with the birdcage as transmit and receive antenna. B. The |B+

1 |
distribution computed from a multi flip angel acquisition. C. The corresponding receive
sensitivity. D. The artifact around a current carrying wire in an SPGR MR image with a
20-degree flip angle acquired with a local receive array and CLEAR.

a reference scan for coil sensitivity normalization on the receive array (called
CLEAR on Philips MR systems) resulting again in a signal distribution as if the
data was acquired with the body coil but still exploiting the higher SNR of the
local receive array. However, the reference scan by default has a low resolution
to make its acquisition fast. The low resolution gives insufficient accuracy close
to the wire to correctly divide out the signals. The results become smudged
and are hard to interpret (see figure 6.2D). As a consequence, processing results
in erroneous TFs.

Maybe the usage of phase data can be avoided altogether. The image
distortion in the magnitude of the B+

1 field due to the presence of a current
carrying wire has a characteristic pattern. In the plane perpendicular to the
wire signal enhancements and voids are seen around the wire that alternate
in the azimuthal direction (figure 6.2A). The magnitude of the current deter-
mines the intensity of the distortions but the phase of the current determines
the azimuthal position. Hence, the magnitude data contains information about
both the magnitude and the phase of the current. This is possibly exploitable
for determination of the TM from only magnitude data. If the phase of the
B+

1 field is no longer required many of the hurdles towards in-vivo TF deter-
mination vanish. TF determination from only |B+

1 | data is currently pursued
in subsequent studies.

Another potential improvement for the presented MR based TF deter-
mination could be found in the usage of multi transmit systems. Some MRI
systems have the freedom to modify the transmit field by using multiple anten-
nas in transmission which can be driven independently. By applying different
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Figure 6.3: The electric field inside the elliptical ASTM phantom created by each of the ports
of the birdcage coil. The incident electric fields in the imaging region are shown on the right.
The wires, being located between -0.1 and 0.1 meter from the isocenter experience a similar
E-field from port one and port two (they mainly differ in magnitude). Distinctly different
exposure patterns are required to be able to perform independent measurements with the
separate ports.

incident electric field distributions, the TM could be determined more precisely
through repeated measurements. However, for regular clinical scanners only
two transmit channels are available. On top of this, these channels typically
result in very similar incident E-field distributions (figure 6.3) in the imaging
region of the birdcage coil. A dedicated local transmit/receive coil array can
be a solution. Such an array is able to provide a multitude of incident electric
fields and induced currents which can improve accuracy of TM determination.
It can also allow TM and thereby TF determination for structures with TMs
that depends on more unknowns.

Value of the transfer matrix
Actually, the TM contains more information about the implant than just

the TF. This is the topic of the last chapter. In chapter 5 we have looked in
detail at the potential of the TM in describing an implant. Even if we do not
want to resort to MRI based methods, the TM of an implant is experimentally
determinable in a similar setup as is used for TF measurements. Similarly
the simulation strategy based on localized plane waves for TF determination
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introduced in chapter 2 can be directly applied to for computation of TMs.
The eigenvectors that follow from a singular value decomposition of the TM
provides a basis set of current distributions that are accommodated by the im-
plant. It was shown in this chapter that short implants (in the electric sense)
have one current pattern (given by the dominant eigenvector) that is particu-
larly effectively supported by the implant. This was shown for simple wires,
but it will hold for more complicated structures given they are shorter than half
a wavelength of the RF field in the surrounding medium. For longer implants
the induced current distributions will become a superposition of multiple pat-
terns. Presumably the current can still be captured by a limited number of
contributing patterns given by the eigenvectors of the TM. The eigenvectors
of the TM hence provide insight in the induced current patterns that are most
likely to occur on the implant.

Furthermore, with the eigenvectors of an implant critical incident electric
fields can be determined. The electric fields that have a large projection onto
one of the dominant eigenvectors will induce the highest currents. These strong
currents will result in severe heating. Therefore, the TM allows determination
of electric field distributions that should be avoided if this possibility exists.
The worst case tip field will be achieved by an electric field with a phase
distribution opposite to the transfer function of the implant but this will not
necessarily correspond to the highest induced current.

The continuity equation and the conservation of electric charge make
it possible to translate a current distribution into a charge distribution. The
electric field will be particularly high around regions where charges accumulate.
This happens predominantly at the electrode poles where therapeutic currents
are delivered or where the current path encounters a sudden impedance jump.
The transfer function is designed to describe the enhancement of the electric
field at the tip of elongated implants where it is most significant. In principle
other locations of charge accumulation can exist. The identification of these
secondary hotspots is possible with the TM.

The future of MR based RF safety assessment
In conclusion, while working on MR based transfer function determina-

tion the transfer matrix concept was developed. The TM not only allows MRI
based determination of transfer functions without the use of a coaxial contact,
it also characterize the RF scattering of an implant. The TM identifies domi-
nant current patterns, critical electric field exposures and secondary hotspots.
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Figure 6.4: Simulations of Duke with a deep brain stimulator like implant in birdcage coils
used in clinical practice at 1.5T, 3T and 7T for brain exams. The magnitude of the electric
field inside his head is shown in the middle three figures. The scattered field around a deep
brain stimulator is highest at 3T and becomes smaller at 7T, contrary to common believe,
as can be seen from the line plot depicted in the sagittal plane of the E-field.

The TM enables steps towards in vivo TF determination. Once this becomes
feasible, it will help to address the uncertainties currently introduced by trans-
lating TFs determined in phantoms to in vivo situations as done in ISO/TS
10974. By removing these uncertainties MR conditional labels will become less
stringent thereby improving the potential care MRI can provide to the growing
population of patients with MR conditional implants.

Additionally, if in vivo TF determination is possible in an inherently safe
way it would allow patient specific safety assessment in the form of a lower
power pre-scan that is performed prior to an actual MR exam which should
provide subject specific scanning restrictions. Firstly, this potentially improves
care for patients with an implant with a MR conditional label through relax-
ation of worst case assumptions. Currently, worst-case conditions in patient
anatomy, implant trajectory within the patient and positioning with respect
to the RF transmit coil have to be assumed. These conditions only occur in
one unique situation. For all other situation this assumption will introduce
unnecessarily stringent RF power restrictions which in turn lead to compro-
mised image quality. Doing an on-site MRI based safety assessment would give
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information about the specific situation under consideration thereby avoiding
the necessity to assume worst case conditions. Secondly, it makes MRI avail-
able for patients with an implant of which the RF induced heating is currently
unknown. If an implant has unspecified heating risks or is altogether unidenti-
fied (despite how curious this sounds, it does happen in practice) the prescan
could provide estimates of parameters that are normally described by an MR
conditional label. In the latter case of course still, the absence of ferromagnetic
materials has to be guaranteed and, for active implants, the implant needs to
withstand the harsh electromagnetic surroundings of a MRI scanner, which are
essentially hostile to any electronic circuit. Another potential application can
be safety assessment of orthopedic implants that are customized during surgery
to be the best geometric fit. For this type of implants RF safety assessment is
even more challenging because now also the composition of the implant itself is
variable. Being able to perform on site safety assessment would be extremely
beneficial for this group of patients.

Another promising application of MR based safety assessment is determi-
nation of RF associated risks at higher field strengths. Many of the presented
methods can be translated to other field strengths directly. Because of the
costliness of the procedures described in ISO/TS 10974 to determine MR con-
ditional labels risk analysis is usually only performed for 1.5T scanners because
these are most commonly used in clinical practice. Yet, there is a tendency to
move to higher field strengths (scanners of 3T, 7T and beyond are becoming
more and more prevalent), because of the increased SNR it brings. For these
field strengths MR conditional labels are often not provided and contraindica-
tions for exams at field strengths larger than 1.5T are given by default since
knowledge is lacking. Due to the increasing frequency with field strength the
electric field is also increasing. This notion often leads to the misinformed
conclusion that heating will become a bigger problem with increasing field
strength. Several factors can counteract the effect of the increased magnitude
of the electric field. Firstly, the smaller wavelength requires a strong phase
gradient in the incident electric field to make current contributions originating
from various locations along the wire positively interfere. This is not likely and
actually reduction of heating due to cancelling contributions occurs most often
resulting in lower scattered fields as can be seen in figures 6.4 and ??. Secondly
the increased loading of the implants at higher frequencies and lower pene-
tration depth of electric fields make it more difficult to induce currents. This
furthermore results in a lower Q-factor (more loss for the current per traversed
length of the implant) and hence a lower maximal resonance amplitude. For
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this reason, risks associated with implants are actually likely to become smaller
with increasing field strength beyond a certain point (as can be seen in figures
6.4 and 6.4). Determination of transfer functions at higher field strengths could
give experimental insights into the interplay of these effects.
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Figure 6.5: Simulation results of bare and
insulated copper wires of various lengths
(ranging from 3.5 to 44 cm) in a dielectric
with a conductivity of 0.47S\m and a rel-
ative permittivity of 78 exposed to a con-
stant electric field (1V\m) at 0.5T, 1.5T, 3T
and 7T. The insulation layer has a relative
permittivity of 2.2. The electric field dis-
tributions of several bare wires are shown
on top. A line profile through the center
of the wire, shown as a dashed green line
in the top left distribution, is extracted for
each of the simulations. These extracted
E-field profiles are shown in subfigure A for
bare wires at the four field strengths when
exposed to an incident field with constant
phase. From these profiles the maximum
scattered field is extracted which is shown
in subfigure B for bare wires at 1.5T, 3T
and 7T exposed to an incident electric field
with constant and a worst case phase dis-
tribution. In subfigure C maximal tip fields
are shown for bare and insulated wires ex-
posed to constant phased E-field. Maximal
scattered fields occur at respectively 4.5cm
10cm, 17cm 34cm for bare wires and at re-
spectively 5cm 15cm, 34cm and >44cm for
the insulated wires. These lengths corre-
spond to the resonances of the implants at
the various frequencies. It should be noted
that the maximal scattered field goes down
with increasing field strength. Also, insu-
lation in general results in higher scattered
fields and longer resonance lengths.
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Appendices

Appendix A: Detailed derivation of the parameterized TM
(including impedance transitions) using the attenuated wave
model

We will start with a derivation of the parameterized TF of the bare wire
using the attenuated wave model, i.e. equation 3.1. For the TF derivation
the excitation has to occur at z = 0. It will create an attenuated wave in the
wire of initial amplitude σeffAE0 propagating to the right with complex wave
number c1. This real part of this wave is shown as the black curve in figure S1.
The equation describing this wave will be,

Ip(z) = σeffAE0e
−c1z. (7.1)

This wave travels from z = 0 to z = L and hence will be attenuation by
a factor e−c1L. Then it is reflected (say with reflection coefficient ΓL) before
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Figure 7.1: The real part of the first three waves in geometric series of the attenuated wave
model that is used to derive parameterizations for the transfer functions and matrices of the
bare and (partially) insulated wires. In this situation a wire that has a constant wave number
along its length is considered.

it propagates back to position z. This second wave is shown as the dark grey
curve in figure S1. The equation describing this wave will be,

IsL(z) = ΓLσeffAE0e
−c1Le−c1(L−z) = ΓLσeffAE0e

−2c1Lec1z. (7.2)

This wave will in turn reach z = 0 and again be reflected. This tertiary wave is
shown as the light grey curve in figure S1. The equation describing this wave
will be,

IsL0(z) = Γ0ΓLe
−2c1LσeffAE0e

−c1z. (7.3)

Note this equation is the same as equation 7.1 but here attenuated with a
factor α = Γ0ΓLe

−2c1L (the attenuation that occurs after one forward and
backward propagation and corresponding reflections through the wire). This
iterative process continues indefinitely leading to a total sum of waves given by
equation 3.1 in chapter 3, i.e.

I(z) = σeffAE0(e
−c1z + ΓLe

c1(z−2L))(
1 + Γ0ΓLe

−2c1L + (Γ0ΓLe
−2c1L)2 + ...

)
(7.4)

We will continue with a detailed derivation of equation 3.3 describing the
parameterized TM of a wire without impedance transitions, e.g. a wire that
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has the same electromagnetic properties along its entire length. The electric
field excitation is now discretized because in practice it always has a certain
finite width. This width determines the resolution in which the TM and TF
are resolved. If the electric field E(zj) is incident on the wire at z = zj it will
create a (primary) current wave given by,

Ip(zi) = σeffAE(zj)e
−c1|zi−zj |. (7.5)

This wave reaches both ends of the wire where it will be reflected in the opposite
directions with initial amplitudes, Is0(0) = Γ0σeffAE(zj)e

−c1zj and IsL(L) =
ΓLσeffAE(zj)e

−c1(L−zj) at z = 0 and z = L respectively. These reflected
waves will propagate through the implant for which the wave equations will
be,

Is0(zi) = Γ0σeffAE(zj)e
−c1zje−c1zi (7.6)

IsL(zi) = ΓLσeffAE(zj)e
−c1(L−zj)e−c1(L−zi) (7.7)

These waves will again reach either end of the implant and get reflected once
more. The waves after this second reflection are described by,

Is0L(zi, zj) = Γ0ΓLσeffAE(zj)e
−c1zje−c1L

= Γ0ΓLe
−2c1LAE(zj)e

−c1zjec1zi (7.8)
IsL0(zi, zj) = Γ0ΓLσeffAE(zj)e

−c1(L−zj)e−c1(L−zi)

= Γ0ΓLe
−2c1LAE(zj)e

c1zje−c1zi (7.9)

After a third reflection the wave equation will once more be the same as the
first reflected waves but attenuated with a factor α.This process can again be
continued indefinitely. The sum of all reflected waves hence will be,

Irall(zi) = σeffAE(zj)
(
Γ0(e

−c1(zj+zi) + ΓLe
−2c1Le−c1(zj−zi)) + ...

ΓLe
−2c1L(ec1(zj+zi) + Γ0e

c1(zj−zi))
) ∞∑

n=0

αn (7.10)

The sum of these attenuation factors is a converging geometric series, hence
the total current distribution will be,

I(zi) =
σeffAE(zj)

1− Γ0ΓLe−2c1L

(
Γ0e

−c1(zj+zi) + ΓLe
−2c1Lec1(zj+zi) + ...

ΓLΓ0e
−2c1L(e−c1(zj−zi) + ec1(zj−zi))

)
+ Ip (7.11)
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This results, after some arithmetic, in equation 3.3 that was mentioned in the
theory section that relates an incident electric field at z = zj to an induced
current distribution,

I(zi) =
σeffAE(zj)

1− Γ0ΓLe−2c1L

(√
Γ0ΓLe−2c1Lcosh(c1(zi + zj − L)− 1

2
ln Γ0

ΓL
) + ...

2Γ0ΓLe
−2c1Lcosh(c1(zi − zj)

)
+ Ip

def
= M(zi, zj)E(zj) (7.12)

If the implant is composed of two different domains (e.g. the half insu-
lated wire) the discussion in the theory and the elaboration above need to be
extended. We will assume the wavenumber of the currents in the first domain
is given by c1 and the wavenumber in the second domain is given by c2. Besides
the reflection coefficients at z = 0 and z = L (L again being the length of the
implant), Γ0 and ΓL respectively, another reflection will occur at the interface
between both domains at z = h which is defined as Γ.

If the localized electric field is incident at zj < h, i.e. on the first domain,
it will generate an initial current wave given by,

Ip(z) = σeffAE(zj)e
−c1|zi−zj | ∀zj < h ∧ zi < h. (7.13)

The sum of all reflected waves in this same domain will have the familiar form,

I(zi) =
σeffAE(zj)

1− Γ0Γh+
eff

e−2c1L

(√
Γ0Γh+

eff
e−2c1Lcosh(c1(zi+zj−L)−1

2
ln Γ0

Γh+
eff

)+...

Γ0Γh+
eff

e−2c1Lcosh(c1(zi − zj)
)
+ Ip (7.14)

Note the similarities with equation 7.12. Now, however, L is replaced by h and
ΓL by Γh+

eff
, i.e. the effective reflection coefficient of the second domain for

waves incident on the impedance interface from the first domain. This effective
reflection coefficient is determined by the contributions of all the transmitted
and reflected waves which itself again forms a geometric series that converges:

Γh+
eff

= Γ +
(1− Γ2)e−2c2(L−h)

1 + ΓΓLe−2c2(L−h)
(7.15)

This same excitation will also induce a current in the second domain (so in case
zj < h∧ zi > h), where the wave number is c2. The current in the first domain
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will generate a wave at the boundary of magnitude e−c1h(ec1zj +Γ0e
−c1zj )/(1−

Γ0Γe
−2c1h) which in turn create a wave in the second domain given by,

I(zi) =
σeffAE(zj)(1− Γ)e−c1hec2h(e−c2zi + ΓLe

−2c2Lec2zi
)(ec1zj + Γ0e

−c1zj )

1− Γ0Γe−2c1h + ΓLΓe−2c2(L−h) + ΓLΓ0e−2c2(L−h)e−2c1h

(7.16)
If the localized electric field is incident at zj > h, i.e. on the second domain, we
can deduce the induced currents most easily using the previous equation and
symmetry considerations. If we interchange z with L− z, Γ with –Γ, Γ0 with
ΓL, h with L− h and c1 with c2 the resultant equations after substitution will
describe the current distributions. With this substitution we define another
effective reflection coefficient,

Γh−
eff

= Γ +
(1− Γ2)e−2c1h

1 + ΓΓ0e−2c1h
(7.17)

The substitution leads to an equation that holds ∀zj > h ∧ zi > h,

I(zi) = σeffAE(zj)e
c2|zi−zj | +

σeffAE(zj)

1− Γ0Γh−
eff

e−2c2(L−h)

(
...

√
ΓLΓh−

eff
e−2c2(L−h)cosh(c2(zi + zj − h)− 1

2
ln L

Γh−
eff

) + ...

ΓLΓh−
eff

e−2c2(L−h)cosh(c2(zi − zj)
)

(7.18)

and one that holds ∀zj > h ∧ zi, h,

I(zi) =
σeffAE(zj)(1− Γ)e−c1hec2h(ec1zi + Γ0e

−c1zi)(e−c2zj + ΓLe
−2c2Lec2zj )

1− Γ0Γe−2c1h + ΓLΓe−2c2(L−h) + ΓLΓ0e−2c2(L−h)e−2c1h

(7.19)
These four equations (i.e. ??)describe the transfer matrix for a wire with an
impedance transition composed of two electromagnetic domains. The same
analysis can be used to derive the parameterized TM for more complex struc-
tures.

Appendix B: Details on the current determination method from
the |B+

1 | distribution.
Firstly, the |B+

1 | distribution in the phantom with an embedded wire has
a high dynamic range, i.e. according to simulations and the corresponding ex-
periments the maximum reached |B+

1 | in the proximity of the wire can be over
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an order of magnitude larger than the nominal |B+
1 |. This makes it hard to de-

termine the |B+
1 | distribution reliably for the entire actual flip angle range with

normal |B+
1 | mapping techniques. An alternative method was adopted based

on the fitting the signal equation for multiple spoiled gradient echo acquisitions
for various flip angles [45]

S (⃗r) = C1(⃗r)(1− e−TR/T1)sin(C2(⃗r)FA)

1− e−TR/T1cos(C2(⃗r)FA)
e−TE/T∗

2 . (7.20)

The principle behind this method is shown in supporting figure S2. Depending
on the extent of |B+

1 | enhancement a different range of nominal flip angles is
used for the fit with the signal equation. The same scan was acquired with
a nominal FA of 0.25, 0.5, 1, 2, 3, 5, 7.5, 11, 15, 20, 30, 45, 70, 100 and 140
degrees. For low flip angles this dense sampling was necessary to get sufficient
data points for fits in regions with strong field enhancement in the vicinity of
the wire. Firstly, a fit (lsqcurvefit, MATLAB) was performed for increasing sets
of flip angles ranging from [0.25:5] to [0.25: 140], i.e. the full set. A selection
of the fit results and hence range of flip angles used for the fit was based on the
first region of monotonically increasing and decreasing signal where equation
S20 holds.

|B+
1 (r, ϕ, z)| =

(Bϕ(r, z)
2

4
+Bbc(r, z)

2 −Bϕ(r, z)Bbc(r, z)sin(ϕ− θ0(r, z))
) 1

2

(7.21)
The fit result is considered as true |B+

1 | distribution in the phantom with
the wire present. From this distribution the current in the wire was determined.
The superposition of the complex B+

1 field around the current running in the
wire and the complex B+

1 field of the birdcage coil creates a distinct artifact.
This artifact can be used to determine the magnitude of the current and the
phase difference between both fields. The equation describing this artifact is,

where Bϕ(r, z) is the B+
1 field due to the wire, Bbc(r, z) is the assumed

to be constant B+
1 field of the birdcage body coil (or any other transmission

element) and θ0(r, z) is the phase difference between both fields. This equation
can be used to determine Bϕ which is proportional to the current in the wire
if we assume amperes circuital law is valid.

An example of a |B+
1 (r, ϕ, z)| as function of r and ϕ is shown in supporting

figure S3. The modulation due to the wire field is clearly visible and also its
inverse proportionality with respect to distance from the wire can be seen. The
fit using equation 7.21 is also shown in this figure. This fit results in an estimate
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Figure 7.2: The principle behind the |B+
1 | mapping techniques that is able to capture a high

dynamic range of actual flip angles. The same scan is performed with various flip angles and
the acquired signal as function of requested flip angles is fitted voxel wise with the signal
equation for spoiled gradient echo acquisitions [117]. The example fit for a voxel close to the
wire (red) and further away from the wire (blue) are shown. If this fit is performed voxel
wise distributions for C1 and C2 appear which are shown below the example fit.
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Figure 7.3: Supporting Figure S3. Current determination from the |B+
1 | artifact around a

wire. An annulus of |B+
1 | data (from the multi-flip angle analysis) centered around the wire

is fitted on a slice by slice bases with equation 7.21.The full |B+
1 | distribution in the phantom

is shown in the top left corner. A close-up of the selected annulus of |B+
1 | data and its fit is

shown in the bottom left corner. On the right this data and its fit is graphically shown as
function of radial distance from the wire.

of the magnitude of the current in the wire and the phase difference between the
background |B+

1 | field, which is assumed to be constant, and the field created
by the current in the wire. The quantities are used for determination of the
transfer matrix.
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Appendix C:Supplementary figures for chapter 4

Figure 7.4: The TF and TM that follow from the fit of the simulated B+
1 and tranceive phase

distributions B and Bi shown in figures 4.3 and 4.4 respectively, corresponding to the straight
wires under a 15 degrees angle with the z-axis.
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Figure 7.5: The TF and TM that follow from the fit of the measured B+
1 and tranceive phase

distributions B and Bi shown in figures 4.8 and 4.9 respectively, corresponding to the straight
wires under a 15 degrees angle with the z-axis.
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Figure 7.6: The TF and TM that follow from the fit of the simulated B+
1 and tranceive phase

distributions C and Ci shown in figures 4.3 and 4.4 respectively, corresponding to the straight
wires under a 30 degrees angle with the z-axis.
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Figure 7.7: The TF and TM that follow from the fit of the measured B+
1 and tranceive phase

distributions C and Ci shown in figures 4.8 and 4.9 respectively, corresponding to the straight
wires under a 30 degrees angle with the z-axis.

124



Appendices

Figure 7.8: The TF and TM that follow from the fit of the simulated B+
1 and tranceive phase

distributions D and Di shown in figures 4.3 and 4.4 respectively, corresponding to the wires
with a single bend.
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Figure 7.9: The TF and TM that follow from the fit of the measured B+
1 and tranceive phase

distributions D shown in figure 4.8,corresponding to the bare wire with a single bend.

Figure 7.10: The TF and TM that follow from the fit of the measured B+
1 and tranceive

phase distribution E in figure 4.3, correspondingto the bare wire with a multiple bends.
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Voor veel ziektebeelden is MRI de meest geschikte beeldvormende modaliteit
voor het stellen van diagnoses. De mogelijke toepassingen van MRI worden
bovendien steeds uitgebreider. Naast anatomische informatie kan ook fysische,
functionele, en metabole informatie met MRI worden verkregen. De kwaliteit
van deze informatie is over de afgelopen jaren sterk toegenomen. Het is daarom
niet verrassend dat het wereldwijd gebruik van MRI-scanners toeneemt. Een
parallel aan deze trend is te zien in het wereldwijd gebruik van medische implan-
taten [1–3]. Dit is een logisch gevolg van het feit dat de leeftijdsverwachting
blijft stijgen en mensen daarbij vaker ondersteund worden door implantaten
waarvan de innovatie ook niet heeft stilgestaan.

Veel implantaten worden helaas beschouwd als een contra-indicatie voor
MRI. Patiënten met dergelijke implantaten worden over het algemeen niet ges-
cand tenzij de meerwaarde van de met MRI verkregen beelden opweegt tegen
het extra risico waaraan de patiënt wordt blootgesteld. Er zijn verschillende in-
teracties tussen de MRI scanner en implantaten die tot risico’s voor de patiënt
kunnen leiden.

Bij MRI worden drie (elektro)magnetische velden gebruikt om beelden
te maken van de interne structuur en processen in het menselijk lichaam. In
eerste instantie is er een sterk statisch magnetisch veld nodig om mensen in zeer
geringe mate te magnetiseren. De interne magnetisatie zal gelijk of tegengesteld
gericht zijn aan de richting van het externe veld gecreëerd door de MRI scanner.
Het menselijke lichaam is niet bijzonder magnetisch en dus ondervinden we
geen noemenswaardige aantrekkingskracht door deze magnetisatie. Vervolgens
wordt de interne magnetisatie door een radiofrequent elektromagnetisch signaal
weggeduwd van de richting van het externe veld. Hierna begint de magnetisatie
te draaien terwijl deze langzaam (in verhouding tot de draaisnelheid) terugkeert
naar dezelfde positie als voor het radiofrequente signaal. De draaisnelheid
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is afhankelijk van de sterkte van het statische magnetische veld. Een extra
magnetisch veld zorgt ervoor dat de draaisnelheid per positie verschillend is
door een gradiënt aan te brengen bovenop het statische veld. Zo wordt het
signaal met een locatie gecodeerd. Deze draaiende magnetisatie creëert een
veld fluctuatie buiten de patiënt die kan worden opgevangen met zogenaamde
ontvangstspoelen. Met behulp van een gereconstrueerde positie kan vervolgens
een beeld worden gevormd.

Zowel het statische, het radiofrequente als het gradiënt magneetveld kun-
nen tot problemen leiden voor patiënten met implantaten. Het grootste en
moeilijkst te vermijden risico voor implantaten met een actieve functie zoals
pacemakers en deep brain stimulatoren schuilt in de interactie met het ra-
diofrequente veld. Dit type implantaten bevat geleidende onderdelen om thera-
peutische stromen af te geven. Op deze geleidende onderdelen kan met name de
elektrische component van radiofrequente veld een ongewilde stroom induceren
waarbij het implantaat in feite als ontvangstantenne voor het radiofrequente
veld functioneert. Deze ongewilde stromen zorgen vervolgens voor lokale op-
warming die met name rond de electroden van de implantaten plaatsvindt, om-
dat de stroom in de geleidende draad bij deze contactpunten met het menselijke
weefsel matig verder geleid wordt. Het karakteriseren van deze opwarming is
van belang voor implantaat fabrikanten om te bepalen of en onder welke con-
dities specifieke implantaten veilig zijn.

Tegenwoordig worden ontwerpen voorzien van een ‘MR conditional la-
bel’. Dit label beschrijft operationele limieten voor de scanner waarbinnen
veiligheid voor de patiënt gegarandeerd blijft. Het label is noodzakelijkerwijs
conservatief omdat er van de meest ongunstige situatie moet worden uitge-
gaan. Technische specificatie ISO/TS 10974 beschrijft hoe de limieten in het
label bepaald worden. Een karakteristiek van implantaten genaamd de transfer
functie (TF) speelt een grote rol in de methodes die hierin beschreven staan.
De TF vertaalt een invallend radiofrequent elektromagnetisch veld in de resul-
terende opwarming rond elektrodes op de uiteinden van de implantaten. Het
kan worden beschouwd als een manier om het implantaat als ontvangst an-
tenne te karakteriseren. Deze invalshoek ligt ten grondslag aan de methode
die in hoofdstuk 2 beschreven staat. Omdat volgens het reciprociteitsprincipe
de ontvangst en zend eigenschappen van antennes sterk aan elkaar gerelateerd
zijn kwam het idee naar boven om een implantaat als antenne te gebruiken.
Uit de MRI beelden die met deze ‘antenne’ worden verkregen kan vervolgens
de TF worden bepaald.
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De normale experimentele bepaling van de TF van implantaten gebeurt
in toegewijde meetopstellingen in homogene fantomen die ontworpen zijn om
relevante menselijke eigenschappen zo goed mogelijk te benaderen. De ver-
taling van de in fantomen bepaalde TF naar de in-vivo situatie introduceert
onnauwkeurigheden omdat de antenne karakteristieken van een implantaat
afhangen van de eigenschappen van zijn omgeving en mensen geen homogene
zoutoplossingen zijn. De omvang van de effecten van een realistische omgeving
op de TF van een implantaat zijn met behulp van een dergelijk experiment niet
te bepalen. Daarom is het lastig om een inschatting van de geïntroduceerde
onnauwkeurigheden te maken en worden conservatieve marges gebruikt. Met
behulp van de methode geïntroduceerd in hoofdstuk 2 is het mogelijk hier een
beter beeld van te krijgen. Deze op MRI gebaseerde techniek is namelijk in
principe in heterogene vaste en vloeibare stoffen toepasbaar. Dit biedt mogeli-
jkheden om de limieten in de MRI labels preciezer te formuleren. De effecten
van een realistische omgeving op de TF kunnen worden gemeten waardoor niet
langer van het ergst mogelijke scenario uit hoeft worden gegaan.

Toch zal een veiligheidsmarge nodig zijn omdat het pad dat het implan-
taat in het lichaam doorloopt per patiënt verschillend is. Daarmee zijn namelijk
de eigenschappen van de omgeving waarin het implantaat zich bevindt per situ-
atie anders en kan dus ook andere opwarming verwacht worden. Om veiligheid
te garanderen moet van het ongunstigste (realistische) pad uit worden gegaan.
In vivo TF bepaling zou de noodzaak van deze veiligheidsmarge wegnemen. Dit
is fundamenteel onmogelijk met deze techniek omdat aanzienlijke aanpassing
aan het implantaat nodig zijn om deze als een antenne te laten werken.

In hoofdstukken 3 en 4 staan methodes beschreven om de TF met MRI
te bepalen zonder aanpassingen aan het implantaat. De gewone zendspoelen
van de MRI scanner worden gebruikt in deze hoofdstukken om MRI beelden
te krijgen van de implantaten. Deze spoelen generen een invallend veld op
het implantaat dat vervolgens een stroom induceert. Een uitbreiding van de
TF genaamd transfer matrix (TM) wordt in hoofdstuk 3 geïntroduceerd om
het invallende veld en de geïnduceerde stroom aan elkaar te relateren. De TF
is een onderdeel van de TM en derhalve bekend zodra de TM bepaald is. In
hoofdstuk 3 wordt het invallende elektrische veld bepaald met simulaties en
de geïnduceerde stroom gemeten uit de verstoring in het MRI beeld die deze
stroom veroorzaakt. Zodra het invallende elektrische veld en de geïnduceerde
stroom bekend zijn kan de TM en tegelijkertijd de TF bepaald worden. Het
elektrisch veld kan alleen met simulaties bepaald worden als de exacte anatomie
en de dielektrische eigenschappen van de geometrie in de scanner bekend zijn.
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Omdat deze kennis niet altijd beschikbaar is, hebben we de methode in hoofd-
stuk 4 uitgebreid met experimentele bepaling van het elektrische veld.

In hoofdstukken 3 en 4 worden analytisch modellen gebruikt om met MRI
meetbare componenten van elektromagnetische velden rond een implantaat te
beschrijven en te benaderen. Uit de beste benadering van de gemeten data
met het model volgt de TF van het implantaat. Metingen in een fantoom
worden door het model goed beschreven en leiden tot nauwkeurige bepaling
van de TF. Hoe goed het model in staat is een werkelijke patiënt met een
implantaat te beschrijven is een belangrijk vraagstuk op weg naar in-vivo TF
bepaling. Ook zijn de methodes getest voor relatief simpele structuren. Realis-
tische implantaten hebben vaak een gecompliceerder ontwerp. Het analytische
model gebruikt om de TM te beschrijven zal moeten worden uitgebreid om
gecompliceerdere implantaten te beschrijven. Ook de metingen om stromen
en elektrische velden te bepalen kosten op het moment te veel tijd en vragen
te veel vermogen van de MRI scanner om in hun huidige vorm toegepast te
worden op patiënten met implantaten.

Als deze obstakels uit de weg geruimd worden en in-vivo TF bepaling op
een veilige manier mogelijk wordt zouden patiënten met gelabelde implantaten
sneller en/of beter kunnen worden gescand, omdat conservatieve marges kleiner
kunnen worden gehouden. Nu moet voor alle factoren die van invloed zijn op
de opwarming van een implantaat van het ergste geval worden uitgegaan. Dit
is niet langer nodig met extra kennis van de TF in een specifieke positie in het
lichaam. De zorg voor patiënten met implantaten met MR conditional labels
zal hierdoor verbeteren.

De methodes beschreven in deze thesis zijn in principe direct toepas-
baar op hogere veldsterkte. Vanwege de hoge kosten van de veiligheidsanalyse
beschreven in ISO/TS 10974 wordt deze vaak alleen op 1.5T uitgevoerd omdat
scanners met deze magnetische veldsterkte klinisch het meest gebruikt worden.
Voor hogere veldsterktes wordt dan een contra-indicatie gegeven omdat de vei-
ligheidsanalyse simpelweg niet is uitgevoerd. Er zijn echter fysische principes
die de veiligheidsproblemen met betrekking tot het radiofrequente veld doen
afnemen met toenemende veldsterkte. Het is daarom zeker geen gegeven dat
een implantaat die een contra-indicatie vormt op 1.5T ook onveilig is op 3T
en 7T. Met de beschreven methodes zou de opwarming rond implantaten ook
op hogere veldsterktes kunnen worden ingeschat. De TM geeft een uitgebrei-
dere beschrijving van de interacties van een implantaat met het radiofrequente
elektromagnetische veld dan de TF. Dit wordt in hoofdstuk 5 gebruikt om
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stroompatronen op implantaten op een inzichtelijke wijze te verklaren. De
eigenvectoren van de TM beschrijven welke patronen op implantaten kunnen
ontstaan. Deze kennis kan de methodes om stromen met MRI te meten die in
eerdere hoofstukken beschreven staan en in de literatuur bekend zijn versnellen
of robuuster maken.

MRI wordt vaak beschouwd als een risico voor patiënten met implan-
taten. Een van de meest notoire problemen is opwarming van electroden in
contact met menselijk weefsel door het radiofrequente veld. Het is uitdagend
gebleken een accurate inschatting te maken van de opwarming. Zoals in deze
thesis staat beschreven kan juist een krachtige beeldvormende modaliteit als
MRI een uitkomst bieden. Met MRI kan de interactie van een implantaat met
het radiofrequente veld preciezer in kaart gebracht worden. Dit biedt mogeli-
jkheden aan implantaat fabrikanten om hun producten beter te beschrijven en
heeft de potentie de zorg voor een groeiende patiëntgroep te verbeteren.
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