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Abstract
In the mid-1980s, deep brain stimulation (DBS) was introduced to treat movement disorders. Since then, continuous
technological improvements have made DBS an effective treatment for many neurodegenerative diseases, with treatment
efficacy critically depending on the precise placement of one or more electrodes in their intended targets deep within the brain.
Magnetic resonance imaging (MRI) is highly desirable as a guidance tool in this context, due to its unsurpassed ability to depict
the brain with striking soft-tissue contrast. Post-implantation MRI is also desirable to detect possible post-surgical
complications (e.g. hemorrhage), and comorbidities of DBS patients in the years after device implantation. However, MRI of
DBS patients poses safety risks - primarily the potential for excessive device heating and thermal damage to brain tissue. The
heating risk has severely constrained the use of MRI in DBS patients to date. Although some medical centers are exploring “offlabel” DBS and MRI applications, many others remain conservative and adopt a “no-MRI'' policy for DBS patients.
Extensive MRI physics and engineering efforts have been made to (1) understand the physical interactions of MRI with DBS
implants; (2) characterize the safety risks; and (3) provide recommendations and mitigations -yet a robust, safe and general
solution for MRI of DBS patients remains elusive. This state of affairs is primarily due to the very complex interactions that can
occur between DBS devices and MRI (in all its variations). In this review, the present state of knowledge is reviewed from a
historical perspective, discussing the factors leading to these complexities, and looking toward the bioengineering solutions
that are emerging in this highly multidisciplinary field.
Keywords: Deep Brain Stimulation (DBS), Magnetic Resonance Imaging (MRI), MRI-medical device interactions, safety

Introduction
Deep brain stimulation (DBS) [1] is an established neurosurgical technique to alleviate the symptoms for patients
with various brain conditions, when other treatment options fail. DBS therapy was first approved for Essential Tremor
(ET) in Europe in 1995, then by the US Food and Drug Administration (FDA) in 1997 [2,3]. The European (CE Mark)
approval for treatment of Parkinson’s disease was obtained in 1998, and FDA approval followed in 2002 [4-6]. Deep
brain stimulation is also approved for the treatment of dystonia [7], and Obsessive Compulsive Disorder (OCD) through
the Humanitarian Device Exemption (HDE) process in the US and by CE Mark in Europe [5]. For the treatment of
epilepsy, DBS is CE Mark approved in Europe but remains unapproved in the US [5,8]. Research is actively underway
to investigate additional clinical applications such as depression [9,10], and eating disorders [11,12].
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Globally, ~10,000 patients undergo DBS surgery each year [13]. In 2019, a 32-month-old girl with severe dystonia
became the world's youngest patient to receive a DBS implant [14]. To date, DBS has been used for more than 20
different indications and ~40 different brain targets, with more than 175,000 DBS devices (including 170,000
Medtronic implants alone) implanted globally since 1987 [6,13,15-17].
A DBS device consists of four components: (1) a flexible stimulation probe containing wires connected to active
metallic electrodes interfacing with the target tissue deep in the brain; (2) a fixation cap fastened to the probe in the
skull; (3) a long extension lead, connecting the probe wires to (4) an Implanted Pulse Generator (IPG) which, for
practicality, is implanted under the collarbone or in the abdomen [18]. As shown in Figure 1, the DBS leads can be
unilateral or bilateral, with either single or dual IPGs.

Figure 1. Typical DBS configurations: (A) bilateral DBS devices involving two leads and either one IPG (left) or two IPGs (right);
(B) unilateral DBS device involving one lead and one IPG. Images courtesy of (A) Medtronic Inc. (Activa PC or Activa RC, left
and Activa SC, right) and (B) Abbott (St. Jude Medical Infinity). Images modified from [19].

The implantation procedure varies widely among clinical centers, according to local neurosurgical practice and the
technical resources available. Despite the differences, the ultimate goal is to implant the probe as accurately as possible
in the target of choice and avoid other neighboring nuclei in the brain. Accurate targeting is critical because: (1)
inaccuracy results in high stimulation amplitudes and lower thresholds for stimulation-induced side effects [20]; (2)
such side effects, including muscle contractions, gait problems, paresthesia, and ocular deviations can be very
problematic [21]; possibly requiring (3) additional surgery to reposition DBS devices, with associated cost, risk, and
morbidity [21].
The need to position DBS electrodes very precisely thus places heavy demands on visualizing the desired targets in
the brain. Presently, the modality of choice for visualization is Magnetic Resonance Imaging (MRI) due to its ability to
depict abnormal and normal neural tissue with excellent signal contrast. Currently, the majority of clinical MRI systems
operate at 1.5 Tesla (T) static magnetic field, with 3.0 T systems the second most prevalent [22]. As higher contrast to
noise ratio is obtained with MRI at higher fields, increasing focus is being directed to imaging at 3.0 T and even the
much rarer systems operating ultra-high fields (7.0 T and above) to enhance localization of the small targets for DBS
(Figure 2). However, MRI of DBS patients at 3.0 T and above remains largely aspirational at present. For those DBS
devices that can be subjected to MRI under certain conditions (i.e., “MRI-conditional”), imaging has mostly (exceptions
noted below) been restricted to 1.5 T with a transmit/receive head coil and a Radiofrequency (RF) power absorption,
or Specific Absorption Rate (SAR), of 0.1 W/kg [23-25] due to the risks associated with the MR environment.
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Figure 2. (A) 7 T, (B) 3 T and (C) 1.5 T MRI coronal views of the subthalamic area (top row), and their corresponding magnified
views (bottom row) with labeled structures of interest: STN (subthalamic nucleus) and ZI (zona incerta) are favorable targets for PD
[26]; the globus pallidus pars interna (GPi) is also a target for PD and some types of dystonia [27,28]. Thalamus subregions are not
distinguishable at 1.5 T; increasing magnetic field strength to 3 T and 7 T makes them more visible. The image is adapted from [29].

It might be initially surprising that the primary limit on MRI of patients with DBS implants concerns RF power
absorption. In principle, there are at least four different safety risks of MRI-DBS interactions, which occur due to the
main electromagnetic components of an MRI system: the large static magnetic field; the use of pulses of RF energy for
resonant excitation of magnetization from predominantly water molecules within biological tissues, for imaging
purposes; and the use of “imaging gradients” that are pulsed on and off for spatial encoding of magnetization and
subsequent image formation. The four safety risks can be arranged in order from ‘severe’ to ‘negligible’ as follows [30]:
1.

RF heating could expose patients to severe risk of transient or permanent neurological dysfunction and
hemorrhage, primarily localized to areas surrounding the DBS electrodes

2.

MR artifact (signal loss or geometric distortion) could impair the ability to evaluate brain tissue adjacent to
the leads and electrodes

3.

Induced voltages could damage IPG circuitry or affect “ON/OFF” modes of operation

4.

Linear or rotational force could cause tissue damage due to electrode vibration or movement

These known effects of metallic implants in MRI initially caused DBS devices to be labeled by regulatory authorities as
‘MR unsafe’. This status was changed for specific DBS devices to ‘MR conditional’ in 2013, after three decades of
research characterizing medical device behaviour in MRI environments led manufacturers to make inroads in device
materials and electronics that substantially reduced risks (2)-(4). The risk of RF heating remains problematic, however,
as shown in many studies measuring temperatures at the probe tips [31-38] and the IPG housing [39] during MRI. A
wide range of heat levels has been reported, from 1°C [31] to as much as 45°C [32], the latter observed at ultrahigh
magnetic field. Numerous interacting factors influence the degree of heating [30,40-48]: the type of RF “coil” that is
used for resonant excitation (e.g. the standard body or head coils on a given MRI system, or coils purchased from thirdparty vendors); the patient morphology, anatomical composition and thermoregulatory capacity, and position in the
coil; the type of MRI “sequence” used to create images with a specific type of signal contrast; the duration of the
sequence; the static magnetic field strength of the MRI system (e.g. 1.5 T or 3 T); the location of the measured
temperature; the status of DBS device (e.g. whether ‘ON’ or ‘OFF’); the device design, orientation and trajectory; the
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temperature measurement procedure; and the effects of head motion and other physiological fluctuations on the
results. Many of these influences are either poorly unrecognized or poorly addressed by existing testing techniques [49],
such that the problem of localized RF heating still remains substantial.

Aims
Several articles already provide excellent reviews of medical device safety in the context of MRI [30,42,50],
including of (1) physical principles underlying the four major interactions; (2) the relevant regulatory standards
concerning implant-related heating in MRI; (3) safety assessment techniques such as computational modeling,
numerical simulations and measurement procedures; and (4) mitigation strategies for implant heating including
recommendations for the manufacturers. Here we review the present state of knowledge, emphasizing that considerable
work remains to create safe conditions where patients with DBS can be imaged using the full capabilities offered by
MRI system technology.

Historical Evolution of DBS
The development of DBS from initial discovery to modern capability can be described in terms of four major
milestones:
Early stage developments
Electrical stimulation has been applied to treat several neurological diseases since ancient times [51]. Fish known
for producing electric discharge were used to treat depression, pain, headache, and seizures prior to the eighteenth
century [52,53]. In the 1800s, Aldini electrically stimulated the muscles of animals (and even recently executed
criminals), demonstrating the importance of bio-electrical signalling, and leading to his use of transcranial electric
stimulation to treat neuropsychiatric disorders [54,55]. These early studies encouraged scientists to “listen” to the
signals originating from deep inside the brain; to apply similar electrical impulses to investigate the neurophysiologic
functioning of the central nervous system; and to consider electrical stimulation for therapeutic purposes.
Ablation therapy
Irreversible ablative procedures such as pallidotomy were investigated as early as the 1940s, to create permanent
lesions in regions of the brain responsible for abnormal electrical signalling and thus provide relief from movementassociated symptoms of disease [56]. To identify the best lesion targets [57], “depth electrography” was developed sideby-side with ablation therapy. Analogous to the recording of cortical potentials by electroencephalography, depth
electrography provided essential electrophysiological information about abnormal neural firing patterns in deep
subcortical regions of the brain.
Stimulated depth electrography
A technological refinement was developed to the depth electrography method in the early 1950s, enabling
stimulation of various subcortical zones using multi-contact electrodes implanted with local anesthesia in the scalp.
Following stimulation, electrophysiological responses were recorded from the same electrodes. Patients often lived with
the electrodes for weeks [58] to several months [57] to identify the incremental staged lesional sites in the target area
[59,60]. Various combinations of electrodes and contacts of electrodes could be inserted, depending on the particular
problem and the recording equipment available. Figure 3a shows a total of 36 recording contacts (six 50-micron
electrodes incorporating six electrical contacts each), with x-ray images used to evaluate the electrode placement. The
contact electrodes were made of copper in early studies, then stainless-steel with the leads (wires) made of platinum
alloy later. Copper implants produce toxic reactions in brain tissues leading to neuroinflammatory response at weeks
or months after implantation, whereas platinum alloys exhibit good biocompatibility and resistance to corrosion
[61,62]. Researchers were intrigued by the effects that were observed in patients during depth stimulation, which
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included sensations of bright light, head and eye movements, clinical seizures, confusion, syncopal attacks, vesical
sensations and spontaneous laughter, among others (Figure 3b) [57,58].

Figure 3. (A) post-implantation X-ray image of depth multi-contact electrodes (1954) [58] and (B) the results of depth
electrographic stimulation at various cortical depths in a patient with Parkinson’s disease (1965) [57].

Modern DBS therapy
The two main drawbacks of ablation therapy—misplaced lesions, and the irreversibility of ablation—provided
impetus for DBS to emerge in the late 1990s as a promising treatment alternative [4]. The modern era of DBS to treat
movement disorders began in 1987 when Benabid reported the interruption of Parkinsonian tremors using high
frequency (100 Hz) stimulation of the thalamic ventral intermediate nucleus [1]. Numerous studies have confirmed
these results using electrical stimulation to thalamic targets, paving the way for the marketing of DBS devices [63].
Medtronic (Minneapolis, MN, USA) received regulatory approval for their first commercial DBS device in 1995, with
other companies soon responding and the devices becoming more elaborate over time. For example, Abbot (St. Paul,
MN, USA), formerly known as St. Jude Medical, and Boston Scientific (Natick, MA, USA) introduced two new features:
(1) segmented electrodes for steering the electric field distribution to deliver new stimulation patterns; and (2) a
current-controlled rechargeable IPG for transmitting specific stimulation parameters to each electrode [5,64-66].
Anderson et al. [67] recently showed some examples of FDA-approved DBS leads currently available on the market, as
well as new designs under clinical trials or early phase research (Figure 4).

Figure 4. Several DBS Lead devices with different electrode patterns (top) and electrode cross-sections (bottom): (A) FDA-approved
Leads from three manufacturers; (B) Leads under clinical trials; and (C) Leads under research, featuring the 16-contact lead design
by Buhlmann et al. [68] and the microarray-based DBS lead by Willsie et al. [69]. The image is adopted from [67].
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Role of MRI in DBS
The acceptance of DBS as an effective therapeutic intervention has come from several crucial factors [63]: (1) the
reversible and adjustable nature of stimulation technique compared to ablative surgery; (2) reproducible, highly
effective therapeutic results from numerous clinical trials; (3) readily available DBS devices with flexibility in hardware
design and programming; and (4) the parallel growth and adoption of medical imaging modalities, especially MRI
which plays a significant and increasing role in the visualization of DBS targets during the surgical procedure and after
implantation.
The surgical and imaging protocol is typically implemented in two phases:
Preoperative phase
The target and the associated lead trajectory can be planned stereotactically using standard frames or frameless
and standard atlases of the human brain. However, given the wide variability in human brain morphology, brain
imaging has the potential to provide better information for surgical planning. At present, 1.5 T or 3.0 T MRI is most
desirable for this application but other modalities such as computed tomography (CT) or ventriculography, or some
combination thereof may also be applied.
Operative phase
The DBS lead is implanted, followed by the IPG to complete the procedure. The accuracy of lead placement can be
validated by several different approaches. A secondary micro- or macro-electrode can be used to record electrical signals
created by active neurons at different cortical depths. The recordings are then compared to a registry of characteristic
firing patterns of neurons in different brain regions, to provide guidance. Alternatively, intraoperative imaging can be
performed after lead placement and before IPG implantation. As this imaging is done in the presence of an implanted
device, CT or restricted 1.5 T MRI can be performed. High quality imaging is essential to evaluate any immediate side
effects from lead placement that require rapid intervention, e.g. Intracranial Hemorrhage (ICH). The risk for ICH has
been reported to be 0.2-5.6%, which can potentially lead to dangerous complications such as paralysis or speech
impairment [17,70,71]. Both CT and 1.5 T MRI have low contrast between DBS targets and other brain structures, and
typically extend the operative phase so that the patient can be evaluated in a separate medical imaging facility remote
from the surgical suite [72]. In practice this can lead to the use of two separate surgical procedures: one to implant the
leads, and one to implant the IPG. In some centres, the operative phase is made more efficient by performing lead
implantation with “real-time” MRI guidance, in specially designed surgical suites [73-75].
Magnetic resonance imaging also plays an important role in the months and years after DBS devices are implanted.
Approximately two-thirds of DBS patients require an MRI exam within 10 years, potentially related to new co-morbid
conditions such as cerebrovascular disease – however, only 5% undergo a medically indicated MRI exam [76]. The lack
of imaging arises due to factors such as (1) implanted DBS devices that are not MRI-conditional; (2) concerns in many
MRI centres about the perceived risks of imaging patients even with MRI-conditional devices [76]; (3) the restricted
MRI capabilities and image quality that is achievable with MRI-conditional imaging protocols; and (4) the absence of
a complete arsenal of MRI sequences that are available to neurosurgeons for the evaluation of DBS lead placement. For
example, MR sequences for low-distortion DBS imaging for targeting of the STN are discussed by Chandran et al. [77],
although without considering potential localized heating effects. Separate from clinical needs, there is also an
imperative to perform MRI of patients with implanted DBS devices in research trials to improve understanding the
DBS mechanism of treatment effect, toward enhancing DBS capabilities. As MRI is highly versatile and can provide
spatial information about brain physiological function as well as brain anatomy, certain types of imaging – such as
functional MRI of brain activity [78-81], and diffusion weighted imaging of white matter microstructure and tract
connectivity [82-84] – have the potential to play an important role in understanding how DBS provides therapeutic
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adjustment of regional brain networks to alleviate symptoms, and how inadvertent adjustment of other networks (due
to electrode misplacement or insufficiently focal electrical stimulation) leads to side effects. Such sequences may also
have an increasing role to play in future clinical practice.

MR Conditional Imaging of DBS Devices
As established by regulatory bodies and evidence provided for certain DBS devices by manufacturers, these devices
can be subjected to MRI under certain strict conditions. At present, these conditions primarily involve use of 1.5 T MRI
systems with a transmit/receive head coil, pulse sequences with maximum 0.1 W/kg SAR value, and maximum rootmean-square RF transmission amplitude (B1rms) of 2 µT while the DBS device is set to OFF (0V-setting) [23-25]. There
are several reasons why these are very limiting constraints.
SAR Restriction
Optimal visualization of DBS target structures typically requires RF power deposition at much higher SAR values
than permitted for current regulatory-approved devices. For example, a certain type of MRI pulse sequence known as
fast spin-echo inversion recovery (FSE-IR) provides excellent signal contrast between grey and white matter and has
been very useful for MRI-guided DBS procedures in Parkinson’s disease [85]. However, high-quality FSE exceeds FDAapproved SAR limits and deposits significant heat at the implant tips [47]. The primary cause of heating with FSE
sequences is the fast application of a train of RF pulses with high flip angles, which “refocus” magnetization for timeefficient spatial encoding. Work is being conducted to develop FSE alternatives with ultra-low SAR (≤ 0.1 W/kg or 15
times lower than the regulatory limit) using low flip angles, but at present these require approximately double the
imaging time [47]. Especially when DBS devices are set to OFF, increasing the imaging time may result in head motion,
negatively impacting image quality.
1.5 T MRI Image Quality
As seen in Figure 2, DBS targets are difficult to detect by MRI at 1.5 T whereas higher fields, such as 3 T (and
especially 7 T), show clear delineation of the STN, ZI, and GPi. A comparison of STN visualization at 1.5 T and 3 T with
T2-weighted FSE imaging for 39 DBS candidates with advanced PD concluded that the STN was visible with a clear
margin in all patients at 3 T, whereas it appeared blurred at 1.5 T [86]. In addition, the thalamus is composed of many
nuclei [87]. For example, targeting the ventral intermediate nucleus (VIM) of the thalamus has proven effective for DBS
treatment of tremors in ET and PD [1]. However, the VIM and other thalamic nuclei are not readily visible with
sufficient signal contrast using conventional MRI sequences at 1.5 T and this is posing a challenge even at higher fields
[88]. Various MR based techniques have recently been proposed to parcellate the thalamus for direct visualization of
the VIM, either requiring use of magnetic fields >3 T [89-91] or high RF power deposition MRI sequences at 1.5 T that
exceed imaging safety standards [92-95]. In 2020, Medtronic’s Percept PC DBS received FDA approval for 3.0 T fullbody MRI, however, restricted to a 0.1 W/kg SAR value, and maximum B1rms of 2.5 µT if the neurostimulator is set to
“MRI Mode” [23].
The need for high quality MRI has led to off-label imaging of patients with DBS implants, with some adverse events
reported. For example, a serious permanent neurological deficit was reported in 2005, when a DBS patient underwent
MRI at 1 T with an IPG [96]. Multiple MRI sequences were performed with SAR ranging from 0.57 to 1.26 W/kg,
substantially exceeding the approved limit. However, Boutet et al. [97] performed off-label 3.0 T MRI in 73 patients
with active DBS systems, without finding short-term and long-term adverse events. Phillips et al. [98] and Sammartino
et al. [99] also conducted 3.0 T-fMRI studies in patients with externalized bilateral DBS electrodes and fully implanted
DBS systems (electrodes, extensions, and the IPG) respectively without any transient or permanent adverse events.
Zrinzo et al. [100] reviewed over 4000 MRI examinations in patients with implanted DBS hardware reported in the

Page 7 of 23

Volume 2, Article ID: 100012

Arianpouya M, Yang B, Tam F, Davidson B, Hamani C, et al. (2021) Safe MRI of Deep Brain Stimulation Implants: A Review of the Promises
and Challenges. Front Neurol Neurosci Res 2: 100012.

literature by July 1, 2010. They found 4 adverse events, including 2 hardware failures, 1 temporary and 1 permanent
neurological deﬁcit. After this examination, they hypothesized that the probability of MRI-related adverse events is
approximately 1 out of 4000. In the same publication, they also mentioned a case report with dyskinesia among 262
MRI examinations including 45 patients with IPGs – a substantially higher rate. Between 2010 to 2012, 4 case reports
were published with transient MRI hyperintensities around DBS probes, suggesting significant edema along both
electrode tracks [101-104]. The authors speculated on the causes for these effects and were not able to rule out MRIrelated mechanisms as the drivers. The various factors affecting DBS-MRI interactions are thus summarized in more
detail below.

Factors Affecting DBS-MRI System Interactions
Numerous studies have quantified localized heating effects for DBS devices (or models thereof) during MRI. For
example, Georgi et al. [105] found that heating occurring at the electrode tip (15.6°C) might be lower than that found
at the phantom surface, in the vicinity where the lead trajectory plunges (59.1°C). Boutet et al. [106] reported a
temperature rise of only <2°C at the electrode tips for MRI at 3T using various clinical sequences (such as GRE-EPI =
Gradient-Recalled Echo–Echo-Planar Imaging, and 3D SPGR = Three-Dimensional Spoiled Gradient-Recalled
Imaging). Bhusal et al. [41] found RF heating fluctuations of 0.1℃ to 23.7℃ at 1.5 T, and 0.1℃ to 7.3°C at 3 T. The
variability in these results, and the substantial temperature elevations found in some studies, suggests that the risk of
localized heating around DBS electrodes is an important concern – but also that the risk is highly dependent on the
nature of the imaging experiment and that there may be factors that have not been applied (or controlled) consistently
across this literature. A closer look at these factors is required.
SAR Quantification
The SAR value is defined as the absorbed RF power PRF per exposed total volume of interest (V) (Eq.1), depending
on tissue properties (σ(r) is the conductivity of tissue at position r, ρ(r) is the density of tissue at r); and MRI system
properties (the time averaged E-field magnitude at position r (|E(r)|2) which depends on the type of coil used for RF
transmission and the pulse sequence used for imaging):
𝑆𝐴𝑅𝑣𝑜𝑙𝑢𝑚𝑒 =

⟨𝑃𝑅𝐹 ⟩𝑡 1
𝜎(𝑟) ∙ |𝐸(𝑟)|2 𝑑𝑣
= ∫
∆𝑣
𝑉 𝑣𝑜𝑙𝑢𝑚𝑒
2 ∙ 𝜌(𝑟)

⟶ 𝑒𝑞 ①

When the volume of integration ∆v is small, then the SAR value is calculated in a highly position-dependent
manner. This is desirable for MRI of DBS devices, as there is potential for a highly localized deposition of RF power in
tissues surrounding the lead tip (especially adjacent to the tip and millimetres away). Estimating SAR values with this
level of spatial resolution is, unfortunately, not possible on the MRI systems of today. The present ability to measure
SAR on clinical MRI systems is limited to an estimate of the average whole-body or whole-head SAR. These estimates
are made via sensors in the MRI system, for example to quantify the power transmitted to the patient by measuring the
power delivered to the MRI transmitter coil, the power dissipated by the coil, and then subtracting these quantities.
The delivered power can then be used in models, calibrated and validated (for example, based on MRI of large animals
with invasive temperature probes) such that head-averaged and body-averaged SAR are reasonably well estimated for
a given MRI sequence when certain information is entered into the MRI system console, including the mass of the
patient [84,107]. These modelling approaches depend on the MRI system manufacturer and are refined over time, such
that sites with the same MRI system but different software revision or hardware upgrades may also yield different SAR
estimates [108]. These revisions occur in part because MRI system manufacturers are incentivized to ensure that SAR
is not overestimated, as improved estimates ultimately enable more RF power to be deposited in patients within
regulatory guidelines, enhancing image quality and other MRI sequence capabilities. This situation has introduced
uncertainty about how reliably SAR estimates can be used as a standardized measure when considering localized
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heating during MRI of DBS devices. For example, one study investigated MRI of a DBS phantom at 1.5 T using two
different generation systems from the same manufacturer, observing markedly different SAR estimates and heating
effects between the two sets of measurements [109]. This concern has led to some investigation of alternative metrics
of transmitted RF power that can be measured more reliably on MRI systems, such as the B 1rms value. Although this
quantity can be quantified quite accurately by certain MRI sequences, its relationship with the E-field and tissue heating
still requires considerable investigation.
Re-stated, the current procedures for estimating SAR on clinical MRI systems do not provide spatially-dependent
SAR values. The actual “SAR maps” of RF power deposition during MRI of DBS patients depend on numerous
parameters, including patient anatomy and spatially-dependent electromagnetic properties, static posture in the
magnet bore and imaging landmark, magnetic field strength, RF transmitter coil and implant materials and lead
trajectory. These dependencies can be investigated through electromagnetic modelling and simulation, and numerous
simulation studies exist in the literature [110-113]. Direct calculations involving the solution of Maxwell’s equations are
time-consuming and computationally intensive, and although rapid solvers are being developed [114-116], simulations
have yet to become integrated in clinical workflow for DBS patients. It is possible that this could happen in the future,
with pre-implant MRI and post-implant CT data used to prime the simulations.
Temperature Quantification
Even if SAR mapping were to become integrated into clinical workflows, the maps would provide only an indirect
estimate of the damage that can arise to biological tissues due to RF power deposition. The temperature increase
produced by RF power deposition is much more directly relevant. If the local temperature reaches the low 40’s (in
Celsius) or greater, then thermal damage begins to accumulate in cells as proteins begin to denature. This timedependent damage process, known as thermal coagulation and thermal necrosis, is usually approximated by an
Arrhenius equation [117]. The equation leads to the concept of “thermal dose” and a quantity known as “t 43”, the
equivalent time that tissue would spend at 43°C to accumulate the same level of thermal damage obtained by heating
at a given temperature and time duration. The exponential nature of the Arrhenius equation means that in practice,
temperatures exceeding approximately 50°C cause thermal coagulation in a few seconds. In neural tissues, the t43 values
for thermal coagulation are in the range of 0-20 minutes [118], suggesting that even modest temperature elevations
may have negative consequences over the timescale of a typical MRI exam. Sublethal effects such as disruptions in
nerve conduction, metabolism or neurotransmitter function have been reported in various animal and in vitro studies
at lower t43 values [119]. Thus, there is a significant body of thermal biophysics literature suggesting that permanent or
transient thermal effects are of possible concern during MRI of patients with DBS implants.
Multiple MRI parameters are sensitive to temperature and certain forms of thermal therapy, such as high intensity
focused ultrasound ablation treatments that provide an alternative to DBS, rely on MRI thermometry approaches to
guide thermal dose delivery [120]. In principle, MRI thermometry can be used to map RF power deposition, but there
is poor sensitivity to detect small temperature changes and methods have yet to be developed that intersperse
thermometry that is sufficiently sensitive into the clinical workflow of MRI sequences. Alternatively, it is possible to
simulate temperature elevations if the spatial pattern of SAR values is known. This is typically achieved using the
Pennes Bioheat equation [121] although other approaches also exist [122]. The former equation is given by:
𝜕𝑇
− 𝛻 ∙ 𝑘𝛻𝑇 − 𝑄𝑚𝑒𝑡 + 𝜌𝑏 𝑐𝑏 𝑤(𝑇 − 𝑇𝑏 ) = (𝑆𝐴𝑅)𝜌 ⟶ 𝑒𝑞 ②
𝜕𝑡
where T is the temperature rise, c is the specific heat capacity, k is the thermal conductivity, Q met is metabolic heating,
𝜌𝑐

ρb is the mass density of blood, cb is specific heat capacity of blood, w is the perfusion of blood, Tb is the blood
temperature and SAR is the local specific absorption rate. In addition to the fact that all parameters in Eq. 1 and Eq. 2
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are position-dependent, the temperature rise is affected by two other major factors: (1) different body compositions will
affect power deposition – for example effects of subcutaneous fat in the scalp [41], skull thickness [123], size of
ventricles [48] and volumetric fraction of cerebrospinal fluid (CSF) [124] may have an impact; and (2) the
electromagnetic properties of the tissues with respect to the RF wavelength influence the SAR level [125-128]. For
example, if the tissue dimension is larger than the incident RF wavelength (which decreases as a function of the applied
static magnetic field), RF energy absorption occurs predominantly near the patient surface. The highest RF absorption
occurs when the tissue is approximately half the size of the incident wavelength [125-128]. These factors have
increasingly led some investigators to propose the use of realistic “anthropomorphic” phantom test objects to evaluate
localized heating effects during MRI of DBS devices [129].
Thermoregulation
The parameters Qmet and w in Eq. 3 call attention to the thermoregulatory capabilities of the brain. Specifically, the
brain is normally able to dissipate low to modest levels of RF power deposition (i.e., near regulatory limits) such that
the rate of temperature increase is curbed. According to Collins et al. [123], for example, inducing a head average SAR
level of 3.0 W/kg is unlikely to produce a signiﬁcant elevation of core temperature in the brain due to its high rate of
perfusion (although this might not be the case for local SAR in any 1g of tissue in the head).
As endotherms, humans maintain a near-constant core body temperature of 36–37.5°C, through homeostatic
mechanisms that optimize metabolism [130]. For the deep brain, the average temperature exceeds the core body
temperature by slightly less than 1°C, with temperature gradients existing between the cooler cortical regions and
warmer basal regions [131]. This highly controlled core temperature is regulated by the hypothalamus and continuously
fluctuates due to diurnal, internal, as well as external factors. In the presence of an external thermal challenge of RF
radiation, the thermoregulatory system maintains the body temperature via losing heat through multiple mechanisms,
including thermal conduction and perfusion [127]. If the thermoregulatory system is unable to thoroughly dissipate the
loaded heat, local and/or overall temperature rise occurs in the tissue for a period of time [127]. As explained above, a
thermal dose is thus delivered which may have transient or permanent bioeffects. The literature shows that the thermal
dose threshold (critical t43 value) for bioeffects and thermal coagulation is not well-determined, and thermoregulation
is likely a major confound in the existing data. Thermoregulatory processes require more study, although ultimately
such work would be most informative if performed in humans – which is difficult to do safely. Furthermore, the capacity
for thermoregulation is modulated by other biological factors. For example, Kim et al. [37] investigated a cohort of 69
individuals showing that compared to young patients, older patients experienced about twice the increase in
temperature (1°C vs. 0.5°C, measured in the ear) after undergoing 3 T MRI of the head. This effect is consistent with
age-related decreases in cerebral perfusion and thus decreased ability to dissipate RF power deposition [132].
DBS device aspects
Turning now to the DBS device parameters that affect localized RF heating during MRI, several factors warrant
discussion, including: the overall probe length (the lead with the extension); the thickness of the insulation sheath; the
lead trajectory (shape) and area of tissue affected; position with respect to the RF transmission coil; and whether
implants are unilateral or bilateral [129]. The lead and the extension lengths are predetermined by the manufacturer
and range between 10–50 cm and 10–110 cm, respectively. The lengths differ among manufacturers and models,
enabling clinicians to choose the appropriate device based on the anatomy and the size of patients, IPG implantation
site (chest or abdomen), as well as age (especially considering the high growth rate in children [133]). Because the lead
length is typically not a perfect fit, the excess length is kept around the cranium rather than placed against the soft
tissue in the neck. Consequently, the configuration of the lead trajectory and the extent of tissue potentially affected by
the implant can significantly vary from patient to patient [46].
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In 2008, Mattei et al. [48] investigated the complexity of heating effects at the tips of metallic pacemaker leads for
cardiac MRI applications at 1.5 T using an RF birdcage coil. Leads of different lengths, shapes, areas of coverage, and
thicknesses were implanted in various positions with respect to the edge of a phantom (either box or torso-shaped) and
the RF coil. Fibre-optic temperature probes were also included to record temperature elevations at the exposed lead
tip. Numerous noteworthy effects were observed that are relevant in the context of DBS. First, significant heating
occurred when leads were placed closer to the edge of the phantom or the RF coil. This occurred since the E-field was
highest at the edges of the phantom nearest the inner wall of the RF coil. Second, more heating was observed when the
leads were placed closer to the location of tuning capacitors on the coil rungs of the birdcage coil, as the capacitors
intensified the E-field. Third, the temperature increases were not always proportional to the area covered by the lead,
and dependent more on whether the lead trajectory included zones of elevated E-field (i.e. near the phantom surface or
capacitor locations). Fourth, for straight leads, heating was highly dependent on lead length, with 25 cm leads producing
much more heating than 15 cm or 40 cm leads. This observation agrees with the known “resonant length_ lres”
characteristics that occur with straight wire implants which are approximately half the wavelength of the RF
transmission (λRFT) in biological tissue [134]:
𝑙𝑟𝑒𝑠 = 0.41𝜆𝑅𝐹𝑇 =

1
2. 𝑅𝑒(𝑓√𝜇𝜀𝑒𝑓𝑓 )

⟶ 𝑒𝑞 ③

where f is the operating frequency of MRI (64 MHz for 1.5 T and 128 MHz for 3.0 T); μ is the permeability and εeff is the
effective permittivity of the medium. Under the ASTM phantom condition, the resonant length for 64 MHz is close to
22 cm and 12 cm for 128 MHz (3.0 T) [135]. Fifth, heating was most pronounced when the phantom was placed at the
coil isocentre; when the phantom was displaced longitudinally, heating effects were lessened due to accompanying
decrease in E-field experienced with closer proximity to the radial end-ring of the coil. Sixth, the dependence of localized
heating on thickness of lead insulation was complex, with bare wires showing either less or more heating than insulated
wires for realistic lead trajectories and short straight wires, respectively. This suggests that the insulation has an
important impact on the extent of RF coupling between the transmitter coil and the implanted device. Seventh, the
temperature increase measured inside the human-shaped phantom was about 6°C lower than in the rectangular trunk
simulator, emphasizing the need for additional research involving anthropomorphic phantoms, over phantoms with
simple geometries.
Two factors not addressed by Mattei et al. [48] were the body composition and the choice of RF transmitter coil on
localized heating. The presence of subcutaneous fat in the scalp affects the RF absorption as discussed before. Bhusal
et al. [41] examined the effect of body composition on the RF heating by adding an oil layer on top of a 3D-printed
human head-shaped saline-filled phantom representing subcutaneous fat. They found that cases with added oil layers
had a rise in temperature of 8.8°C at 1.5 T and 4.1°C at 3 T. In addition, the typical case for MRI-conditional devices
has been that imaging is permitted using a transmit-receive birdcage head coil, rather than the much larger body
transmit coil that encloses the magnet bore [23-25]. This stipulation ensures that the E-field of concern is limited
primarily to the head and does not encompass the IPG. Whereas the initial data suggested a safety benefit, the use of a
transmit-receive birdcage coil is significantly limiting, in two major respects. First, the signal-to-noise ratio (SNR) of
brain images is enhanced by using the body transmit coil together with multi-channel head receiver coils, that are
standard components of clinical MRI systems [136]. Second, this SNR increase can be traded for accelerated “parallel
imaging” reconstructions that make use of the localized sensitivity profiles of the individual receiver coil elements typically providing high quality images in half the time or less [137,138]. The potential MRI advantages of using the RF
body coil over transmit-receive birdcage head coils have prompted investigators to perform studies that compare the
localized heating effects obtained with both transmitters. For example, Kahan et al. showed that switching from head
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to body coil increased the temperature at the electrode tip of Medtronic ActivaPC devices at 1.5 T, but that the increase
for their specific imaging protocol did not exceed the maximum allowed under safety regulations [45]. These
investigators also observed heating effects that exceeded the maximum allowed temperature elevation for their 3 T MRI
protocol, prompting them to avoid imaging at this field strength [45].
Electromagnetic simulation studies have also been performed that support and extend such work. For example,
Golestanirad et al. [46] simulated the SAR levels and localized temperature increases for MRI at 3.0 T of different
bilateral DBS lead trajectories estimated from patient CT data. They showed that localized SAR and temperature
increases were substantially elevated for the lead contralateral to the IPG. This led to a new strategy for DBS lead
management, which was subsequently verified in phantom experiments: specifically, increasing the number of DBS
lead loops around the burr hole signiﬁcantly reduced the amplitude of localized heating in a linear fashion [41,139,140].
The benefits of such lead management practices need to be demonstrated in replication studies, but the initial results
promise significant potential to increase MRI safety for future DBS patients.
When the IPG is connected, and subsequently when the implant is active, additional safety factors must be
considered during MRI. First, time-dependent changes in magnetic flux density passing through the cross-sectional
area of a conducting material can induce an electric voltage, according to Faraday’s law [141]. Both the time-varying
imaging gradients and RF magnetic fields can induce such voltages, although the RF transmission field is the much
stronger source. Situations where the induced voltages can occur in DBS leads are thoroughly discussed in the literature
[30,50]. The induction of voltages and the resulting eddy currents may flow in either direction along the DBS lead,
potentially impacting the IPG or the axons surrounding the electrode. Whether the induced current can generate an
action potential causing unintentional electrical stimulation of the neural tissue is difficult to determine due various
uncertainties. The activation threshold, for example, largely varies according to the number, size, type, and orientation
of axons with respect to the induced electric field, as well as the electric properties of the tissue surrounding the
electrode [142,143]. The geometry of the electrode and the stimulation parameters could also contribute to potential
activation. Irrespective of the precise mechanisms, anecdotal effects have been reported. For example, Davidson et al.
[144] recently conducted a phantom study to establish the safety of their 3 T MRI protocol and subsequently performed
imaging of six patient volunteers with their DBS in an activated state without any serious adverse events. However, one
patient experienced stimulation-related side effects (rhythmic vertigo) during T1-weighted Magnetization-Prepared
Rapid Gradient Echo (MPRAGE) imaging with the DBS in an ON state, because of RF modulation of voltage amplitude.
The authors hypothesized that the large-amplitude RF pulses during this imaging sequence were constructively
interfering to impact the oculomotor nucleus/nerve nearby the DBS target, and subsequently opted in the future to turn
DBS devices to OFF for this portion of their imaging protocol.
In addition, various DBS electrode designs are commercially available with new options being introduced into the
market (Figure 4). The electrodes are designed with different geometric characteristics, usually with the aim of
improving control and localization of the E-field distribution to the intended brain target, while minimizing stimulation
of surrounding regions to minimize side effects. Consequently, the device mode is programmed based on the electric
field distribution between contacts as the anode or cathode (for bipolar), or contacts as the cathode and the IPG case as
the anode (monopolar). In the MRI environment, when the implant is “ON”, the RF transmission could potentially
modify the E-field for DBS by coupling and grouping the non-active contacts forcing a unique potential for all, altering
the operating mode and the stimulation parameters, and potentially causing device malfunction. Additional research is
still required to investigate the importance of electrode interaction effects in detail.
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Efforts to Reduce MRI-DBS Device Interactions
Several strategies have been investigated to reduce how MRI procedures interact with DBS devices. The two major
categories of approach focus on (1) improved MRI methodology and (2) improved device design and manufacturing.
The former category has been reviewed recently [42] and includes suppression of RF-related heating using the Parallel
Transmission (PTx) technique [111,129,145-151], and the linear-polarization mode of the birdcage RF coil [152,153].
The latter category is reviewed below.
Reducing susceptibility artifact
Typically, during MRI, the static magnetic field becomes spatially inhomogeneous in the vicinity of the DBS lead
and electrode. The electrically conductive components of DBS (the Lead and extension wires) are made from
Platinum/Iridium (Pt-Ir) alloy and the IPG case is made from Titanium insulated with a thin biocompatible polymeric
film. The inhomogeneity arises because of the mismatch in magnetic susceptibility primarily between the metallic
device components and the surrounding biological tissue, such that the inhomogeneity represents the transition zone
between the different static magnetic fields in the two regions [154]. The inhomogeneity produces characteristic
“susceptibility artifacts” in MR images near DBS devices [155], including (1) signal loss due to significant dephasing of
the MR signal arising from the “T2*” mechanism; and (2) geometric distortion with focal areas of signal loss or “pileup” resulting from assignment of MRI signals to the wrong spatial location. The precise appearance of the artifact
depends on the amount of susceptibility difference (i.e., DBS device materials), size, shape, and orientation of the lead
with respect to the static magnetic field, field strength, and MRI sequence acquisition parameters such as echo time
(TE) as well as readout gradient strength and orientation, and readout bandwidth. For example, Pollo et al. [156] imaged
the Medtronic Activa 3389 DBS electrode “in passive mode” in a phantom and in 10 patients, measuring the extent of
the artifact in three dimensions over the distal contact. It was shown that each contact induced an ellipsoid-shaped
artifact, extending symmetrically 1.4 mm over both proximal and distal limits, and 1.16 mm over the lateral limit of the
contact.
To minimize susceptibility artifacts, electrode materials have been introduced with magnetic susceptibility that
more closely matches that of brain tissue: examples include poly(3,4-ethylenedioxythiophene) (PEDOT), graphene
fibre (GF) and semiconductor electrodes. The PEDOT conducting polymers are reliable for neural recording and
stimulation electrodes, providing satisfactory electrochemical stability, non-cytotoxicity, and high electrical
conductivity. Faradaic (charge transfer) and capacitive (charge redistribution) processes at the PEDOT–tissue interface
provide excellent charge-injection-capacity (CIC) [157]. However, PEDOT is used as a coating on electrodes, which still
results in some magnetic susceptibility mismatch; and polymer degradation, poor adhesion to metal substrates, and
cracking presently make the coating impractical for stable chronic stimulation [158,159]. Alternatively, GF electrodes
maintain substantial stability but with slightly lower CIC than that of PEDOT. In 2020, Zhao et al. [155] developed a
novel GF DBS microelectrode with little-to-no MRI artifact at 9.4 T. The microelectrodes were reported to have 70
times more CIC than clinical alternatives with Pt-Ir electrodes [155]. Semiconductor electrodes have also been reported
with high thermal conductivity and good magnetic susceptibility matching with brain tissue [160]. Beygi et al. [161]
developed silicon carbide semiconductor microelectrodes with little-to-no image susceptibility artifacts observed with
7.0T-MRI and conducted simulations that predicted a ~30% reduction in SAR values compared to electrodes made
from platinum. Other materials have also been investigated, such as nanocarbon-based ink electrodes printed on
organic polymer substrates [162], titanium-based microelectrodes [163], and carbon nanotube (CNT) yarn electrodes
[164]. Although these materials are MRI-compatible, they have yet to progress along the commercialization pathway to
full clinically approved DBS devices.
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Suppression of induced voltages and localized heating
Several implant device designs have been proposed to avoid or minimize the induced voltages, currents and
subsequent heating that can potentially occur during MRI. Among the most common methods for this purpose is the
“RF shield trap”, which consists of dual-conductor structure, analogous to coaxial cables. The inner- and outerconductors are connected by capacitors that are tuned to resonate with the MRI Larmor frequency. Without making
physical contact with any conductor passing through (i.e., in floating position), the shield trap acts as series impedance
to the inside conductor. The floating cable trap was initially introduced by Seeber et al. [165] to suppress induced shield
currents on surface coil receiver cables. Griffin et al. [166] further developed and miniaturized traps to enhance RF
safety during interventional cardiac MRI procedures involving catheters and guidewires, reporting a 40 % reduction in
heating compared to guidewires without the trap in place. Subsequently, Alipour et al. [167] improved the design of the
shielding wire trap with loose solenoidal windings instead of rigid conducting cylinders, such that 15 min. of 1.5 T MRI
with high-SAR sequences (e.g. 4 W/Kg) only increased the temperature at the catheter by 0.7°C, whereas an increase
of 5.7°C was obtained without the trap in place.
Another alternative involves manipulating the electrical resistivity of DBS leads, as this quantity substantially
influences the SAR value obtained during MRI. Very low resistivity can increase the induced current during imaging,
whereas very high resistivity requires the IPG to generate a higher voltage for the same level of stimulating current,
which shortens battery life while also posing a potential safety issue [21,168]. Angelone et al. [113] found that resistivity
values ρlead within the range of 0.001 Ωm to 1 Ωm can minimize the dissipation power and generated SAR. Bonmassar
et al. [169] proposed a new type of lead that has high resistivity in the RF range, but low resistivity at the much lower
frequencies used in DBS. The use of “RF chokes”, an inductance coil of very small resistance, also reduces localized
heating by creating a high impedance to unwanted currents [170]. Electrically conductive non-metal fibers can also be
used to achieve desired resistivity values [171].

Conclusion
Together, the complexities and uncertainties of DBS-MRI system interactions, as discussed in this review, suggest
a need for caution and additional MRI safety research. To summarize, (1) multiple patient parameters such as the
anatomical geometry and tissue composition influence RF absorption; (2) patient thermoregulatory capabilities vary
due to biological factors such as age; (3) RF heating is highly sensitive to multiple lead geometrical and orientational
factors, as well as MRI software and hardware factors; (4) ability to measure local SAR and temperature remains limited
on clinical MRI systems; and (5) DBS device setting parameters and hardware configurations affect coupling of the
device with the MR environment.
To date, most of the heating assessments of MRI-DBS have been restricted to simulations and experiments using
phantom test objects. Both approaches are approximations to the actual conditions encountered in clinical trials. In
addition, case reports of suspected adverse events because of DBS interactions with MRI have not identified all the
probable unsafe settings leading to injuries; nor have all the off-label studies in humans identified all the safe conditions
– just the specific protocols that were implemented on certain MRI system hardware and software. More work is
required to improve this state of affairs; options include the development of careful experiments in large animal models
with invasive thermometry, and continued efforts to improve the realism of simulation and phantom models.
If such work is undertaken, then the potential benefits are important for DBS patients. Safe MRI of these
individuals – using more of the full potential of this imaging modality—will help to manage surgical side-effects,
evaluate co-morbid disease, and facilitate neuroimaging research to promote enhanced DBS technology.
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