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CHAPTER 1

Introduction
In the following paragraphs I will elaborate on the title of this thesis: “Magnetic 
resonance imaging of pancreatic cancer for radiotherapy”. First, pancreatic cancer 
and treatments for pancreatic cancer are discussed. Then, radiotherapy of pancreatic 
cancer patients is explained in detail. Several shortcomings of image guided 
radiotherapy might be overcome by magnetic resonance imaging (MRI). Therefore, 
MRI, and in particular diffusion-weighted imaging (DWI), is explained and put into the 
perspective of radiotherapy. Finally, the outline of this thesis is discussed, in which 
MRI techniques are developed, optimized and validated for radiotherapy of pancreatic 
cancer patients.

Pancreatic cancer
Pancreatic cancer is one of the deadliest of all major cancers with a median survival 
of 4.4 months after diagnosis [1]. Pancreatic cancer often (78%) occurs in the head of 
the pancreas (Fig. 1.1 illustrates pancreatic anatomy), but also can occur in the body 
(11%) or tail (11%) [2]. The estimated number of mortalities as a result of pancreatic 
cancer worldwide (330,400 per year) is only marginally smaller than the estimated 
incidence (337,900 per year) [3]. Therefore, pancreatic cancer is currently ranked as 
the fourth most common cause of cancer-related deaths in more developed countries, 
whereas it is only the tenth most common cancer. Despite all technical advances in 
medicine, the survival rate of pancreatic cancer has not largely improved in the past 
30 years [4]. Pancreatic cancer is therefore expected to soon become the third most 
common cause of cancer-related deaths [5].

The only known potentially curative treatment for pancreatic cancer is surgical 
resection [6]. Only tumors that do not involve the celiac artery or superior mesenteric 
artery and show no distant metastases are eligible for resection [7, 8]. Therefore, 
unfortunately, only 15–20% of pancreatic cancer patients are eligible for surgery 
at the time of diagnosis [9]. Furthermore, even after a successful resection with no 
remaining tumor at the edge of the resected specimen, patients still have a poor 
median survival of 23 months [10]. 

In addition, chemotherapy, radiotherapy and radiochemotherapy (i.e. the 
combination of radiotherapy and chemotherapy) are commonly applied. These 
therapies are used in a palliative setting [11, 12] or alongside surgery to improve tumor 
control. When these therapies are used alongside surgery, it is either in an adjuvant 
(after surgery) [13-16] or neoadjuvant (before surgery) [17-21] setting. Despite the 
indication that (neo)adjuvant radiochemotherapy may improve pancreatic cancer 
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1patients life expectancy [15, 21], may delay recurrent disease [16] and may improve 
local tumor control [19], there are still many challenges in radiotherapy that should be 
overcome to improve the treatment outcome further.

Radiotherapy
In radiotherapy, ionizing radiation is used to kill cancer cells. The ionizing radiation 
can damage DNA in cells, which can cause cell death. Pancreatic cancer patients are 
typically irradiated by an ionizing beam that originates in a linear accelerator (linac, 
Fig. 1.2). In such a setup, the radiation penetrates the patient to reach the tumor. 
Therefore, healthy tissue is inevitably irradiated too. DNA of both tumor and healthy 
tissue can be damaged from the ionizing radiation. However, healthy tissue repairs 
the DNA damage more rapidly than tumor tissue. Therefore, radiotherapy is usually 
administered in multiple daily fractions, whereby the healthy tissue recovers more 
than the tumorous tissue between each session. Due to the toxicity of irradiation, the 
goal of radiotherapy is to maximize the dose to the tumor while minimizing the dose to 
healthy tissue, in particular, radiation sensitive organs at risk (OARs). For pancreatic 
cancer patients, the OARs include the small bowel, stomach, liver, kidneys and spinal 
cord.

Figure 1.1. Magnetic resonance images (left: T1-weighted, right: T2-weighted) of the pancreas of a healthy 
volunteer. The pancreas (dotted lines), including the pancreatic head (h), body (b) and tail (t), the liver (*), the 
kidneys (#), and the stomach (†) are accentuated.
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Figure1.2. A photo of a linac. The patient is located at the center of the beam. The linear accelerator gantry 
(*) from which the radiation beam emerges is able to rotate around the patient (arrow) together with the cone 
beam computed tomography device (#).

Treatment planning
In order to maximize the dose to the tumor while sparing OARs, it is necessary to 
image these structures. Therefore, before the start of therapy, computed tomography 
(CT) images are obtained (Figs. 1.3 and 1.4 a), called a planning CT. A radiation 
oncologist then delineates the visible tumor and lymph nodes with potential tumor 
cells on all the image slices of the planning CT. This delineated volume is known 
as gross tumor volume (GTV; Figs. 1.3 a and c). As microscopic extensions of the 
tumor may not be visible on the CT images [22], the GTV is expanded by a margin, 
typically of several milimeters, to generate a clinical treatment volume (CTV). The CTV 
includes these suspected microscopic extensions. As irradiation often lasts several 
minutes per session, patients are mostly irradiated during free breathing. To include 
the CTV during the full respiratory cycle, an additional margin is added to the CTV 
to generate the internal target volume (ITV). A CTV-ITV margin that incorporates all 
motion for every patient will overestimate the motion for most individual patients as 
respiratory motion varies between subjects [23]. Therefore, patient specific margins 
can be determined instead, using inhalation and exhalation breath-hold CT [24], 
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14DCT [25] or MRI images [26, 27]. Finally, to deal with all other uncertainties, such as 
patient setup errors and errors in the original GTV delineation, an additional margin 
(typically 10–15 mm) is added to the ITV to generate a planning target volume (PTV) 
[28]. In radiotherapy planning the aim is to develop a plan that irradiates the PTV at a 
high dose, while minimizing the dose to the OARs. For this reason, the OARs are also 
delineated on the planning CT.

After generating the PTV and delineating the OARs, a treatment plan is designed. 
In such a treatment plan, beam settings are optimized such that the predefined 
required dose to the PTV (tumor) is reached while OARs have an as low dose as 
possible (Figs. 1.3 b and d). In modern radiotherapy, the angle under which the patient 
is irradiated can be varied by rotating the beam around the patient. Furthermore, the 
shape and intensity of the beam can be modulated during treatment. By doing so, very 
steep dose gradients between the PTV and OARs can be achieved. This is done either 
using several predefined angles and beam shapes (intensity modulated radiotherapy; 
IMRT) [29] or a continuously changing beam shape that rotates around the patient 
(volumetric modulated arc therapy; VMAT) [30]. 

Treatment
Typically, radiotherapy of pancreatic cancer patients is fractionated over multiple 
(15–28) daily sessions [31]. During each session, the target volume (i.e. PTV) should 
be aligned with the radiation beam of the linac to ensure that the planned treatment is 
delivered accurately. Most linacs contain an integrated cone beam CT (CBCT) device 
(Fig. 1.2) which allows making 3D volumetric CT-like images of the patient’s anatomy 
while on the treatment couch (Fig. 1.4 b) [32]. Such a CBCT allows determining the 
shift of the patient’s anatomy as presented on the treatment couch compared to 
the anatomy on the planning CT. The patient’s treatment couch can then be moved 
according to the found shift between both scans to ensure alignment of the PTV with 
the treatment plan. 

Determining the shift between the CT and CBCT is done with respect to some 
anatomical landmarks visible both on the planning CT and CBCT. As the CBCT has 
poor soft tissue (e.g., pancreas) contrast, but good contrast of bones, often the bony 
anatomy was used as landmarks. However, the position of the PTV with respect to 
the bony anatomy can change between the planning CT and daily CBCT as a result of 
e.g., bowel filling [33]. Therefore, nowadays small (sub-mm diameter) golden fiducial 
markers that are visible on CT and CBCT (Fig. 1.4 a-b) are placed endoscopically with 
thin needles (inner diameter of approximately 0.4 mm) inside the tumor in some clinics 



6

CHAPTER 1

[34-36]. These markers are then used to match the planning CT and CBCT images and 
ensure alignment of the PTV [33, 37-39]. 

Finally, respiratory motion during radiotherapy effectively results in blurring of 
the dose [40]. If ignored, this motion can lead to under treatment of the tumor and 
additional radiation to OARs. Classically, the respiratory motion is included in the 
PTV by introducing an ITV, as mentioned above. Including the uncertainties due to 
respiratory motion results in larger PTVs and hence may cause higher dose to OARs. 
Therefore, there are several alternative approaches to address the respiratory motion. 
For example, patients can be treated in mid-ventilation [41] or during breath-holding 
[42, 43]. Also, gating or tracking techniques may be used [44-46]. These techniques 
can potentially eliminate the use of an ITV and hence decrease the size of the PTV, 
reducing toxicity.

Figure 1.3. Delineated GTV (yellow), CTV (blue), ITV (orange) and PTV (red) volumes, as well as some OARs 
(liver + kidneys; green) projected on a planning CT scan in axial (a) and coronal (c) view. Treatment plans 
based on these delineated volumes are presented too (b, d).
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1There is further room for improvement in radiotherapy of pancreatic cancer 
patients. Currently, there is a large variation between observers in GTV delineation 
(i.e. a poor interobserver agreement) [47-49]. As the entire treatment is based on the 
delineated GTV, any error in this delineation impacts the entire treatment. Therefore, 
GTV delineations should be as accurate as possible. These delineations are currently 
often based on CT images, which have poor soft tissue contrast and hence poor 
pancreatic tissue and tumorous tissue contrast (Fig. 1.4 a-b). Potentially scans 
with better soft tissue contrast may improve the accuracy of the GTV delineation. 
Furthermore, some patients have pancreatic cancers that are unresponsive to 
radiotherapy. For these patients, radiotherapy is undesirable as the irradiation will 
only damage healthy tissue. As discussed further on, both issues can potentially be 
addressed by MRI.

Figure 1.4. CT (a), CBCT (b) and MRI (c-d) images of a pancreatic cancer patient. The biliary stent (arrow) and 
fiducial markers in the pancreatic tumor (arrowhead, not visible in MRI images) are accentuated.
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Magnetic resonance imaging
MRI is a medical imaging technique that allows for imaging patient’s anatomy. MRI 
manipulates proton spins of specific atoms (typically hydrogen) using strong magnetic 
fields (typically 1.5 T to 3 T) and a sequence of radiofrequency pulses and magnetic 
field gradients, called pulse sequence, to generate images [50]. By varying settings 
of the pulse sequence, different types of contrasts can be achieved, such as T1- or 
T2-weighted contrasts (e.g., Fig. 1.5 a-b). Furthermore, MRI can be used to quantify 
specific tissue properties, such as the T1-values [51], T2-values [52, 53], diffusivity 
[54] and the amount of perfusion [55, 56] of tissue. In such a case, maps are created 
of these specific tissue properties (e.g., Fig. 1.5 d-f).

In this thesis we focus on the following sequences: T1-weighted, contrast 
enhanced (CE) T1-weighted, T2-weighted, and DWI images (Fig. 1.5). T1-weighted 
images of the pancreas can be obtained in a single breath-hold at high resolution [57]. 
However, most tumors, are poorly visible on plain T1-weighted images and therefore 
the acquisition is repeated after an intravenous gadolinium contrast injection to 
generate CE images. As pancreatic tumors are often poorly perfused, the contrast 
medium will initially mainly enhance the signal from healthy tissue, resulting in hypo 
intenser (i.e. darker) tumor tissue compared to surrounding more enhanced healthy 
tissue in such CE images (Fig. 1.5 c). T2-weighted images often have high in-plane 
resolutions, but poor through-plane resolution [57]. Furthermore, T2-weighted images 
are often acquired during several breath-holds, which can result in a mismatch of 
anatomy between neighboring slices. T2-weighted images have good soft tissue 
contrast for OARs. Moreover, T2-weighted images offer complimentary information 
to T1-weighted images which can help in differentiating between tumor, necrosis and 
inflammation. 

Diffusion-weighted imaging
In DWI, gradients in the magnetic field (called diffusion gradients) are applied before 
signal read-out to sensitize the MRI signal to the diffusion of water molecules. 
Diffusion is the intermingling of molecules as a result of random motion of the 
molecules due to their kinetic energy. DWI uses the diffusion of hydrogen molecules 
to generate contrast in images. In DWI, images with different diffusion weightings are 
acquired, which is achieved by varying the diffusion gradients’ strength. A 4D data 
set is then created, in which the signal is described as function of diffusion weighting 
for the three spatial dimensions. For each voxel in the spatial dimensions, a diffusion 
model can be fitted to the signal as function of diffusion weighting. In the classical 
diffusion model, the signal attenuation as a function of diffusion weighting is modeled 
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1monoexponentially. The model parameter apparent diffusion coefficient (ADC) is then 
found by fitting this monoexponential DWI model. When such a monoexponential fit is 
made for each voxel, an ADC-map can be generated (Fig. 1.5 d). ADC represents the 
diffusivity of water in tissue. The ADC depends on the microscopic structure of tissue 
and often gives good contrast between pancreatic tumors and healthy tissue [58-61].

However, many competing models describe DWI data. The most well-known 
competing model is the intravoxel incoherent motion (IVIM) model (Fig. 1.5 e-f). In 
the IVIM model, the sensitivity of DWI-signal to perfusion effects is modeled as well. 
Perfusion is the flow of blood through tissue. In this model, the signal from blood in 
capillaries dephases more rapidly as a function of diffusion weighting than signal from 
tissue. To model both components, the IVIM model assumes DWI data decays bi-
exponentially as a function of diffusion weighting. Since the introduction of the IVIM 
model, the non-monoexponential behavior of DWI data in the pancreas was confirmed 
in multiple studies [60-65] and related to perfusion [66, 67]. The added perfusion 
parameters of the IVIM model have shown additional value for lesion characterization 
in the pancreas [60-65] and enabled treatment response monitoring in various other 
organs [68, 69]. 

DWI is often limited to poor resolutions and acquisition times of several minutes. 
Therefore, DWI is either imaged during free breathing [70, 71], in multiple breath-
holds [62] or during respiratory gating/triggering [72].

MRI and radiotherapy
In this thesis two potential applications of MRI for radiotherapy are discussed: MRI 
during treatment planning and MRI for monitoring treatment response. For several 
organs, it was shown that when MRI, which has good soft tissue contrast (Fig. 1.5 c-d) 
[57, 73-75], is added during treatment planning, delineations improved [76-79]. 
Therefore, MRI may also improve tumor delineation for pancreatic cancer patients. 
Andreychenko et al. [80] suggested that the most useful MRI images for target volume 
delineation of pancreatic cancer patients would be T1-weighted, contrast enhanced 
(CE), T2-weighted, and DWI images (Fig. 1.5 a-d). Whether GTV delineation is improved 
with MRI has not been investigated for pancreatic cancer patients.

Furthermore, some tumors are insensitive to irradiation, so-called radioresistant 
tumors. If the lack of treatment response could be detected at an early stage 
of treatment (known as treatment response monitoring), or, ultimately, if tumor 
sensitivity to irradiation can be determined before treatment, unnecessary irradiation 
can be prevented. There are several promising MRI pulse sequences that may be able 
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to monitor the response of the tumor to treatment or determine the tumor sensitivity 
to irradiation before treatment. Part of this thesis focusses on one of these pulse 
sequences, namely DWI and in particular the IVIM model for DWI. It is known that low 
diffusivity in the tumor before treatment is related to poor treatment outcome in both 
chemotherapy [81] and radiochemotherapy [82] of the pancreas. It was suggested 
that low perfusion before treatment of several therapies may also relate to limited 
treatment response [83]. Therefore, IVIM modeling of DWI may prove a useful tool for 
treatment response monitoring and treatment outcome prediction in the pancreas.

Figure 1.5. Six different MRI images of the same patient. Images include standard non-CE (a, b), CE T1-
weighted (c) and DWI (d-f) images. Diffusion maps obtained from different fit models (d, e) and a perfusion 
fraction map (f) are displayed. The white ellipse surrounds the tumor.
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1Outline of this thesis
In this thesis, MRI techniques are optimized for the purpose of radiotherapy of 
pancreatic cancer patients, and the added value of MRI is assessed.

First, in chapter 2 the interobserver variation of tumor delineation on CT images 
is quantified to assess the current clinical practice as a baseline. Then, in chapter 3, 
the value of offering MRI images alongside the CT images for delineating pancreatic 
cancers is quantified.

When MRI is offered alongside CT, it is desirable that the images are matched, 
which is best done using intratumoral fiducial markers [33, 37]. Therefore, in chapter 4 
the visibility and artifacts caused by fiducial markers on MRI images are quantified 
using a pulse sequence-independent approach. As 70% of the pancreatic cancer 
patients receive biliary stents, which are often located close to the tumor, the same 
approach is used to quantify artifacts caused by biliary stents in chapter 5.

During radiotherapy, tumors are treated with high precision and hence 3D 
high-resolution imaging is desired. A disadvantage of common T2-weighted pulse 
sequences is its thick slices. Therefore, in chapter 6, an alternative T2-weighted-like 
pulse sequence that allows for high 3D resolution is optimized for imaging of the 
pancreas.

In chapter 7 the acquisition of DWI for IVIM model fitting in the pancreas and 
liver is optimized. In chapter 8 the fit algorithm for the IVIM model is optimized, and 
the IVIM model is compared to other DWI data models considering pancreatic tumor 
contrast, treatment monitoring, and treatment outcome prediction.

Finally, in chapter 9 the findings of this thesis are set in clinical perspective and 
the future of MRI for pancreatic radiotherapy is discussed.
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Abstract
Background: The delineation of pancreatic tumors on CT is challenging. In this study, 
we quantified the interobserver variation for pancreatic tumor delineation on 3DCT as 
well as on 4DCT. 
Methods: Eight observers (radiation oncologists) from six institutions delineated 
pancreatic tumors of four patients with (borderline) resectable pancreatic cancer. The 
study consisted of two stages. In the 3DCT-stage, the gross tumor volume (GTV) was 
delineated on a contrast-enhanced scan. In the 4DCT-stage, the internal GTV (iGTV) 
was delineated, accounting for the respiratory motion. We calculated the volumes 
of the (i)GTV, the overlap of the delineated volumes (expressed as generalized 
conformity index: CIgen), the local observer variation (local standard deviation: SD) and 
the overall observer variation (overall SD). We compared these results between GTVs 
and iGTVs. Additionally, observers filled out a questionnaire concerning the difficulty 
of the delineation and their experience in delineating pancreatic tumors.
Results: The ratios of the largest to the smallest delineated GTV and iGTV within the 
same patient were 6.8 and 16.5, respectively. As the iGTV incorporates the GTV during 
all respiratory phases, the mean volumes of the iGTV (40.07 cm3) were larger than 
those of the GTV (29.91 cm3). For all patients, CIgen was larger for the iGTV than for the 
GTV. The mean overall observer variation (root-mean-square of all local SDs over four 
patients) was 0.63 cm and 0.80 cm for the GTV and iGTV, respectively. The largest 
local observer variations were seen close to biliary stents and suspicious pathological 
enlarged lymph nodes, as some observers included them and some did not. This 
variation was more pronounced for the iGTV than for the GTV. 
The observers rated the 3DCT-stage and 4DCT-stage equally difficult and treated on 
average three to four pancreatic cancer patients per year.
Conclusions: A considerable interobserver variation in delineation of pancreatic 
tumors was observed. This variation was larger for 4D than for 3D delineation. The 
largest local observer variation was found around biliary stents and suspicious 
pathological enlarged lymph nodes.
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Background
The aim of radiotherapy is delivering a high radiation dose to the tumor while 
minimizing the dose to organs at risk (OARs). For pancreatic tumors, this is challenging 
due to day-to-day position variation, respiratory motion, and uncertainties in 
delineation of the tumor [14]. 

Radiation oncologist delineate the gross tumor volume (GTV) on a three-
dimensional CT (3DCT). The GTV is expanded with a margin to account for microscopic 
extensions, resulting in the clinical target volume (CTV). For the remaining uncertainties, 
such as internal and set-up uncertainties, an additional margin is added to form 
the planning target volume (PTV). Nowadays, a four-dimensional CT (4DCT) scan is 
increasingly used to account for tumor motion during respiration [1, 2], for example 
combined with the internal target volume (ITV) [5] or mid-ventilation approach [6]. 
For pancreatic cancer patients treated at our department, we combine 4DCT with a 
modified ITV approach. In this approach, the radiation oncologist delineates the GTV 
on the average scan of the 4DCT and expands that on all respiratory phases of the 
4DCT to generate an internal GTV (iGTV). A 5 mm margin is then added to define the 
internal CTV (iCTV). An additional PTV margin is added, to account for remaining set-
up uncertainties. This PTV margin can be smaller compared with 3DCT delineation 
since respiratory motion uncertainty is accounted for in this 4D approach. In both the 
3DCT and 4DCT approaches it is important that the appropriate margin size is used as 
too small a margin leads to under-treatment of the target volume whereas too large 
a margin leads to unnecessarily high doses to the OARs. The PTV margins currently 
used to account for the delineation uncertainties in pancreatic cancer are largely 
based on estimates of these uncertainties. To investigate whether these estimates 
are correct we performed a delineation study. 

Previous delineation studies quantified the interobserver delineation uncertainties 
for several tumor sites [7-11]. These studies resulted in standardized delineation 
protocols for those organs. For pancreatic cancer, such a protocol is only available in 
the postoperative setting [12]. Only three multi-institutional studies on the delineation 
of pancreatic tumors are available [13-15]. These studies show large interobserver 
variation in GTV delineation, with ratios of the largest to the smallest GTV volume of 
6.8 [13], 9 [14] and 3 [15]. Two of these studies [14, 15] were quality control studies 
of a clinical trial. Those studies only used 3DCT and included 1–2 patients with locally 
advanced pancreatic cancer. The third [13], was a delineation study which included 
two patients and only investigated the interobserver variation using 3DCT. All of these 
studies [13-15] reported limited quantitative information (i.e. standard deviation, SD 
and generalized conformity index, CIgen).
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The aim of this study was to quantify the interobserver variation for GTV (using 
3DCT) and iGTV (using 4DCT) delineations. The study included four patients with 
(borderline) resectable pancreatic cancer, and eight radiation oncologists from six 
institutions. 

Methods
Radiation oncologists (observers) from all nine institutions participating in the 
PREOPANC trial were asked to participate in this delineation study. Eight observers 
from six institutions actually participated.

Patients’ characteristics
The data of four patients with histologically proven (borderline) resectable pancreatic 
tumors were used and anonymized. All patients gave written informed consent 
for both the PREOPANC trial (EudraCT number 2012-003181-40) and MIPA study 
(NCT01989000) and were the first four patients that randomized for preoperative 
radiochemotherapy at the Academic Medical Center (AMC) within the PREOPANC trial 
[16]. Both studies were approved by the local medical ethics committee (PREOPANC: 
Erasmus Medical Center, Rotterdam; MIPA: AMC, Amsterdam) [16]. Preoperative 
radiochemotherapy consisted of 15 fractions of 2.4 Gy combined with gemcitabine 
1000 mg/m2 once a week for three weeks, preceded and followed by a modified 
course of gemcitabine 1000 mg/m2, once a week for two weeks. Between the three 
cycles there was one week rest [16]. 

CT scans
All patients had a contrast-enhanced diagnostic CT scan in the referring hospital, 
which was considered to be of adequate diagnostic quality by abdominal radiologists 
from the AMC with extensive experience in pancreatic cancer. The scans included 
an axial scan in arterial contrast phase (on average 35 seconds after injection, all 
patients), venous contrast phase (on average 60 seconds after injection, patients 
1,2 and 4) and/or a portal contrast phase (on average 240 seconds after injection, 
patients 1 and 4) with or without reconstructed coronal views. Two experienced 
radiologists from the AMC reported the studies. The report of patient 2 described two 
suspicious loco regional lymph nodes; the report of patient 4 described some (cited 
in the radiology report) enlarged lymph nodes, which were not further characterized. 
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The planning CT scans were obtained at the radiation oncology department of 
the AMC with a GE LightSpeed RT 16 scanner (General Electric Company, Waukesha, 
WI) using a standard acquisition protocol (slice thickness of 2.5 mm). Patients were 
scanned in treatment position: supine on a flat table top with arms raised above their 
heads. 

First, a 3DCT scan was obtained during free breathing after intravenous Iodine 
contrast injection. During the same CT session, a few minutes after the 3DCT scan, 
a 4DCT scan was obtained. The patient’s breathing motion was monitored and 
synchronized to the CT acquisition by the respiratory gating system RPM (Real-
Time Position Management, Varian Oncology Systems, Palo Alto, CA). For the 4DCT, 
images were captured during continuous respiration and divided into ten respiratory 
bins, resulting in ten image sets of the respiratory cycle. Also, a maximum intensity 
projection (MIP) and an average intensity projection (Ave-IP) were reconstructed from 
the ten phase scans. The planning CT scan was obtained during the first modified 
course of gemcitabine (on average eight days after the first administration of 
gemcitabine), and on average six weeks (46–62 days, with a mean of 53 days) after 
the diagnostic CT. The 3DCT and 4DCT scans were registered to each other but not 
to the diagnostic CT scans. 

Fiducial markers and biliary stents
All four patients had intratumoral fiducial markers, which were placed under the 
guidance of endoscopic ultrasound (EUS), for position verification during radiotherapy 
[17, 18]. Patients 1, 3 and 4 had a pancreatic head tumor and had received three 
intratumoral Visicoil fiducial markers (RadioMed, Barlett, TN). For patient 2, two Gold 
Anchor fiducial markers (Naslund Medical AB, Huddinge, Sweden) and one Visicoil 
fiducial marker had mistakenly been placed in the pancreas head instead of in the 
corpus tumor. Also, all patients had biliary drainage: patients 1–3 had fully covered 
metal biliary stents, patient 4 had external percutaneous biliary drainage. All markers, 
biliary stents and percutaneous biliary drainage had been placed after the diagnostic 
CT scans and were thus only visible on the planning CT scan. 

Delineation software
The Big Brother software, dedicated to recording delineations as well as observer- 
computer interactions for radiotherapy delineation studies, was used [8]. Each 
observer received a USB stick containing all CT scans, the radiology report, the Big 
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Brother software, and delineation instructions. These instructions were identical to 
those in the PREOPANC trial protocol [16].

Delineation protocol
The study consisted of a 3DCT-stage and a 4DCT-stage. 

In the 3DCT-stage, the observers were asked to delineate the GTV on the 
3DCT scan, which was displayed on the main window. The GTV was defined as the 
macroscopically visible tumor and neighboring suspicious pathological lymph nodes. 
A separate window was available for viewing the diagnostic CT scans. A margin of 
5 mm was automatically applied to create the CTV. 

In the 4DCT-stage, the Ave-IP reconstruction was displayed in the main window. 
The observers were asked to delineate the GTV on the Ave-IP reconstruction and then 
create an iGTV defined as the volume encompassing the GTV on all ten respiratory 
phase image sets of the 4DCT. The diagnostic CT scan, 3DCT scan, and remaining 
4DCT images including the MIP reconstruction were available in a separate window. 
As the 3DCT and 4DCT scans from the planning CT were obtained in the same session, 
the 3DCT and 4DCT scans were linked to the Ave-IP recon-struction displayed in the 
main window. Furthermore, a copy of the cursor was displayed at the corresponding 
location in the secondary window when these scans were displayed. Once finished 
with the iGTV delineations, a margin of 5 mm was automatically applied to create the 
iCTV. Completed delineations were sent back to the investigators by email.

Questionnaire
Observers were asked to fill out a questionnaire containing eight questions about 
the delineation process (Additional file 1). These multiple choice questions about the 
delineation process included answers ranging from very easy to very difficult in five 
steps. In addition, there were three questions about the experience of the observer in 
delineating pancreatic tumors as well as the number of pancreatic cancer patients the 
observers treated yearly within and outside the PREOPANC study (Additional file 1).

Data analysis
The data were analyzed using the Big Brother software [8]. The following analyses 
were repeated for the GTV, iGTV, CTV and iCTV data.

Scatterplots were generated in GraphPad Prism (version 5.00, GraphPad Software, 
San Diego, CA) to present the range of delineated volumes. Using the Big Brother 
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software we calculated the average volume of the (i)GTV and CIgen for each patient 
[19]. The CIgen is a measure of overlap of the delineated volumes and is defined as the 
ratio of the sum over all observer pairs of the volumes common to both observers and 
the sum over all observer pairs of the encompassing volumes (volume delineated by 
at least one of the two observers) [19]. CIgen ranges from 0 to 1, where 1 indicates full 
overlap of the delineated volumes from all observers and 0 indicates no overlap. To 
assess the accuracy of CIgen we repeated its calculation a number of times equal to 
the number of observers, leaving out a different observer each repetition. The range 
of results from this leave-one-out procedure was reported. To test for significant 
differences in average volumes, we used a two-sided Wilcoxon signed-rank test 
(32 pairs, significance level α = 0.05) using SPSS (version 22.0.0.2, IBM, New York). 

To determine the local observer delineation variation per specific area of the 
(i)GTV or (i)CTV, we calculated for each patient the median surface, i.e. the surface 
of the volume that was included by at least 50% of the observers [20]. The median 
surface was sampled with approximately equidistant (0.5 mm) points. For each point 
on the median surface, the perpendicular distance to each delineated (i)GTV or (i)CTV 
was measured. When a delineated surface was not within 2 cm perpendicular to a 
point on the median surface, the closest distance from that delineated surface to 
the reference point on the median surface was used instead. For each point on the 
median surface, the local observer variation was calculated, defined as the SD of 
the perpendicular distances at that point (local SD). Per patient, the overall observer 
variation (overall SD) was calculated. The overall SD was defined as the root-mean-
square of the local SDs. Similar as for the CIgen, the overall SD was repetitively 
calculated in a leave-one-out procedure and the range was reported.

The answers to the questionnaire were plotted in a scatterplot using GraphPad 
Prism and the ratings of the difficulty of the delineation between both stages were 
compared.

Results
Eight observers from six different institutions submitted all GTV and iGTV delineations. 
The analyses of the delineations reported in this results section were performed on 
the (i)GTV. The results from the (i)CTV are presented in Additional file 2.
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Delineations 
Visual inspection of the delineations revealed considerable interobserver variations 
(Figs. 2.1 and 2.2). The ratio of the largest to the smallest delineated GTV and iGTV 
was 6.8 and 16.5, respectively, both in patient 3. The iGTV volumes were significantly 
larger than the GTV volumes by 34% (p = 0.036). However, for two observers, the 
delineated iGTV was smaller than the delineated GTV in all four patients (observers 2 
and 5; Fig. 2.3) and for patient 2 two additional observers (6 and 7) also delineated a 
smaller iGTV than GTV. Observer 7 reported that their iGTV was not based on the ten 
separate respiratory phases of the 4DCT, due to poor image quality. But as the iGTV 
was delineated on the Ave-IP of the 4DCT, the iGTV still contained 4DCT information. 
The CIgen was larger for the GTV (mean CIgen = 0.37) than for the iGTV (mean CIgen = 0.27) 
for all four patients, indicating a better overlap of volumes in 3D delineation than in 4D 
delineation (Table 2.1).

Table 2.1. The average delineated volumes, overall SDs and CIgen for all 4 patients.

Patient GTV (range*) iGTV (range*)

1 Average volume, cm3 36.71 (14.02–75.87) 41.80 (11.85–89.99)

Overall SD, cm 0.70 (0.47–0.72) 0.71 (0.60–0.72)

CIgen 0.34 (0.31–0.37) 0.29 (0.26–0.31)

2 Average volume, cm3 20.26 (7.06–45.21) 20.57 (4.67–67.86)

Overall SD, cm 0.84 (0.70–0.88) 0.90 (0.37–0.90)

CIgen 0.22 (0.20–0.27) 0.20 (0.17–0.27)

3 Average volume, cm3 10.36 (2.91–19.92) 32.38 (5.67–93.58)

Overall SD, cm 0.48 (0.42–0.51) 0.89 (0.77–0.94)

CIgen 0.34 (0.30–0.37) 0.16 (0.12–0.19)

4 Average volume, cm3 52.32 (34.18–76.72) 65.52 (21.48–119.09)

Overall SD, cm 0.43 (0.38–0.44) 0.68 (0.58–0.70)

CIgen 0.59 (0.57–0.62) 0.45 (0.42–0.50)

Overall for all 
patients

Average volume, cm3 29.91 40.07‡ (p = 0.036)

Overall SD, cm† 0.63 0.80

CIgen 0.37 0.27

* Range over eight delineations (average volume) or over results of the leave-one-out analysis (overall SD 
and CIgen). 
† Note that this overall SD was calculated as the root-mean-square of the four overall SDs from the four 
patients.
‡ Two-sided Wilcoxon signed-rank test
Abbreviations: GTV = gross tumor volume; iGTV = internal gross tumor volume; SD = standard deviation; 
CIgen = generalized conformity index.
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Local observer variation 
There was a large local SD (local observer variation) at the laterodorsal borders of 
the GTV and iGTV of patients 1–3 (Figs. 2.1 and 2.4a-b), reflecting the location of the 
biliary stent. Some observers did, and some did not include the biliary stent in the  
(i)GTV. The biliary stent was included most often in patient 3: by six observers in the 
GTV and by four observers in the iGTV (Additional file 3). Especially in patient 2, large 
local variation was seen. The suspicious pathologically enlarged lymph node in the 
portocaval space was incorporated in the GTV by five (observers 1–5) and in the iGTV 
by four (observers 1,3,4 and 8) observers. The suspicious pathologically enlarged 
lymph node along the common hepatic artery was included in the GTV by three 
(observers 2–4) and in the iGTV by two (observers 3 and 4) observers (Additional file 
3). Also for patient 2, only observer 2 included all the misplaced fiducial markers in the 
GTV and only observer 1 included all the fiducial markers in the iGTV. For all patients, 
there was some variation in including the fiducial markers in the delineated volume 
(Additional file 3). Also, the caudal side of tumors had larger local SDs than the other 
areas of the tumors (Fig. 2.4). 

Overall observer variation
The overall observer variation, represented by the overall SDs of the (i)GTV, was 
smaller for the GTV delineations (SD = 0.84) compared with the iGTV delineations 
(SD = 0.90) for all four patients (Table 2.1). Due to the observed discrepancy in including 
the suspicious pathologically enlarged lymph nodes in patient 2, we recalculated the 
overall SD while excluding the portocaval lymph node; the overall SD decreased from 
0.84 to 0.72 cm for the GTV and from 0.90 to 0.49 cm for the iGTV.

Questionnaire
Seven observers filled out the structured part of the questionnaire; eight observers 
the open questions. With a mean score of 3.6 for the difficulty of the delineations in 
both the 3DCT-stage and 4DCT-stage (Fig. 2.5), the observers did not consider the 
iGTV (using 4DCT) delineation more difficult than the GTV (using 3DCT) delineation. 
Of the eight observers, one radiation oncologist only just started to treat patients 
with pancreatic cancer. The remaining seven observers treat on average three to four 
pancreatic cancer patients per year at their institution (range 1–7.5) and on average 
they had 5.4 years of experience in delineating pancreatic tumors (range 2–12.5). On 
average, the observers treated one patient (range 0–4) with pancreatic cancer within 
the PREOPANC trial. Two observers mentioned in the remarks section that the long  
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Figure 2.1. For the four patients, delineations of GTV projected onto an axial 3DCT slice (left) and iGTV 
projected onto an axial 4DCT Ave-IP slice (right) for all eight observers. Colors are related to observers and 
are similar for Figs 2.2, 2.3 and 2.5.
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Figure 2.2. For the four patients, the expansion of the CTV projected onto an axial 3DCT slice (left) and iCTV 
projected onto an axial 4DCT Ave-IP slice (right) for all eight observers. Colors are related to observers and 
are similar for Figs 2.1, 2.3 and 2.5.
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Figure 2.4. For the four patients, the local observer variation in color expressed in local SD (centimeters) of 
the delineations of the GTV in posterior (a) and caudal view (c) and the iGTV in posterior (b) and caudal view 
(d) projected onto the median surface. Red indicates a local SD ≥ 0.94 cm.

interval between the diagnostic scan and planning CT scan (average six weeks) made 
interpretation more challenging.
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Figure 2.3. Scatterplots of GTV (left) and iGTV (right) of all four patients with the median and 25th and 75th 
percentile represented by the horizontal lines. Colors are related to observers and are similar for Figs. 2.1, 
2.2 and 2.5.

Figure 2.5. Scatterplot of the delineation difficulty rating by seven observer (observer 2 missing), showing 
the range, the median, 25th, 75th percentile for eight delineations. Rating varied between 1 = very easy;  
2 = easy; 3 = moderate; 4 = difficult; 5 = very difficult. Colors are related to observers and are similar for Figs 
2.1, 2.2 and 2.3.

Discussion
This multi-institutional delineation study is the first to quantify the interobserver 
variation on both 3DCT and 4DCT. Also, contrary to earlier studies, this study is 
performed with more than two patients with (borderline) resectable pancreatic cancer. 
A considerable variation among observers was observed in both GTV (using 3DCT) 
and iGTV (using 4DCT) delineations. The ratio of the largest to the smallest delineated 
volume was far larger for iGTV than for GTV, with significantly larger average volumes 
for the iGTV. Furthermore, the GTV delineations had larger CIgen and smaller overall 
SDs in all patients compared to the iGTV. The largest variation in delineation was 
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seen close to biliary stents and suspicious pathologically enlarged lymph nodes. 
Previous studies in pancreatic cancer also showed a large interobserver variation on 
3DCT with a comparable ratio of largest to smallest GTV of 3–9 [13-15]. The observed 
interobserver variation is large compared to studies performed in several other organs 
such as breast, larynx, and lung, which reported a CIgen of larger than 0.6 [19, 21, 22].

The average iGTV volumes were significantly larger than the GTV volumes by 
34%. This is similar compared to previous studies in pancreatic cancer, where the 
iGTV was 25–27.6% larger than the GTV [2, 23]. As the iGTV should incorporate the 
GTV in all respiratory phases, this result can be expected. However, unexpectedly, in 
several cases in our study, observers delineated a smaller iGTV than GTV. This may 
be a result of a large intraobserver variation, which was not assessed in this study. 
Alternatively, it could be a result of a difference in image quality between the 3DCT 
and 4DCT images. It is known that inaccuracies in delineation of the tumor may be due 
to poorly defined tumor edges on CT images [1, 2, 13-15].

The 4DCT delineations had a larger interobserver variation than the 3D 
delineations, as reflected in the larger overall SDs of the iGTV compared to the GTV 
in all four patients and the smaller CIgen. This may be the result of poor visibility of the 
tumor on the various respiratory phases of the 4DCT. Poor visibility can lead to bigger 
uncertainty and thus larger target volumes and variation in the delineation. The larger 
interobserver variation on 4DCT may counteract the advantage of the ITV concept: 
accounting for the respiratory motion. Other delineation approaches with improved 
contrast between tumor and surrounding tissue to define the tumor borders and 
including the respiration motion should be investigated such as midventilation and 
particularly the midposition approach. Previous research showed that a midventilation 
approach results in significant PTV reduction and significant dose reductions to OARs 
compared to the iGTV approach, although the delineation process had not been 
investigated yet [6]. 

The largest local variation was seen at the laterodorsal side of the (i)GTV, 
corresponding to the location of the biliary stent. Some observers included the stent 
in the (i)GTV, whereas others excluded the stent. Also, some observers included 
the stent only in the GTV but not in the iGTV. In the literature, there is no guideline 
prescribing to include or exclude the biliary stent in the (i)GTV and none was given in 
the protocol instructions of the PREOPANC trial. The caudal side of the (i)GTV also 
showed large variations in delineations, similar to a previous study of Caravatta et al. 
[13]. 

Also, large variations in the delineation of the suspicious pathologically enlarged 
lymph nodes around the tumor were seen. The protocol prescribes to include all 
neighboring suspicious pathological lymph nodes. The reason for the large local 



33

DELINEATION ON CT

2

variation that was found around these lymph nodes could be due to misinterpretation 
or ambiguity of protocol instructions, or poor compliance with the protocol 
instructions. To increase interobserver agreement, consensus on the delineation of 
pancreatic tumors, pathologically enlarged lymph nodes, and biliary stents should be 
achieved among radiation oncologists. Previous research in other organs showed that 
national consensus guidelines and a delineation atlas may result in reduction of the 
interobserver delineation variation [10, 24]. 

To optimize tumor visibility, the repetition of the diagnostic scan in treatment 
position after stenting and placement of the fiducial markers may be a step forward. 
For the patients in our study, registration between the diagnostic CT and the planning 
CT was not performed because of a different position of the patient and a different 
anatomy as a result of the placement of the biliary stents and fiducial markers between 
both scans. Image registration between the diagnostic CT scan and planning CT scan 
may improve accuracy in target delineation and reduce interobserver variation as 
seen for other tumor sites [25-27].

It is well known that pancreatic tumors are difficult to distinguish from normal 
pancreatic tissue on CT scans [2, 28-30]. Therefore, exploitation of other imaging 
modalities, such as MRI and PET-CT may be a step forward to reduce the variation 
in delineation of pancreatic tumors. Indeed, other studies have shown that additional 
imaging, such as MRI and PET-CT, may be helpful in the delineation of pancreatic 
tumors [31]. 

Limitations
Delineations were only performed once, and we could not investigate the intraobserver 
variation. Furthermore, we had a limited number of responding observers, and only a 
limited number of patients were included. Also, the observers had little experience in 
the delineation of pancreatic tumors, due to the small number of pancreatic cancer 
patients eligible for radiotherapy. However, this is typical for many radiation oncologists 
and hence the found observer variations should be representative for such radiation 
oncologists. The time interval between diagnostic CT and planning CT scan was on 
average six weeks and the patients were not scanned in treatment position; therefore, 
anatomical changes (including placement of the biliary stent) occurred between both 
scans and scans were not registered. This made it challenging to delineate the (i)GTV. 
However, this is a typical situation in clinical practice in many hospitals since the 
diagnostic CT is obtained before histological diagnosis, while therapeutic measures 
such as stenting are performed after the diagnostic CT scan. Finally, fiducial markers 
in patient 2 were mistakenly not placed inside the tumor, which may have put some 
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observers on the wrong track and contributed to the large interobserver variation 
seen in this patient. 

Conclusion
This study showed a considerable interobserver variation in delineation of pancreatic 
tumors, larger for 4DCT than for 3DCT delineation. The local variation was largest 
around the biliary stent and suspicious pathologically enlarged lymph nodes. In the 
future, the addition of other imaging modalities, such as MRI and PET-CT may help 
decrease observer variation.
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Additional file 1
Questionnaire

1.	 How did you experience the delineation of the pancreatic tumor of patient 1 on 
3DCT? 
a.	 Very Easy
b.	 Easy
c.	 Moderate
d.	 Difficult 
e.	 Very difficult

2.	 How did you experience the delineation of the pancreatic tumor of patient 2 on 
3DCT? 
a.	 Very Easy
b.	 Easy
c.	 Moderate
d.	 Difficult 
e.	 Very difficult

3.	 How did you experience the delineation of the pancreatic tumor of patient  
3 on 3DCT? 
d.	 Very Easy
e.	 Easy
f.	 Moderate
g.	 Difficult 
h.	 Very difficult

4.	 How did you experience the delineation of the pancreatic tumor of patient 4 on 
3DCT? 
a.	 Very Easy
b.	 Easy
c.	 Moderate
d.	 Difficult 
e.	 Very difficult
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5.	 How did you experience the delineation of the pancreatic tumor of patient 5 on 
4DCT? 
a.	 Very Easy
b.	 Easy
c.	 Moderate
d.	 Difficult 
e.	 Very difficult

6.	 How did you experience the delineation of the pancreatic tumor of patient 6 on 
4DCT? 
a.	 Very Easy
b.	 Easy
c.	 Moderate
d.	 Difficult 
e.	 Very difficult

7.	 How did you experience the delineation of the pancreatic tumor of patient 7 on 
4DCT? 
a.	 Very Easy
b.	 Easy
c.	 Moderate
d.	 Difficult 
e.	 Very difficult

8.	 How did you experience the delineation of the pancreatic tumor of patient 8 on 
4DCT? 
a.	 Very Easy
b.	 Easy
c.	 Moderate
d.	 Difficult 
e.	 Very difficult

9.	 How many years’ experience do you have in delineation pancreatic tumors for 
radiotherapy?

10.	 How many patients with pancreatic tumors do you treat per year?
11.	 Have you treated patients within the PREOPANC study?
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Additional file 2
Data of CTV and iCTV
Table 2.A. The volumes, overall standard deviations and conformity indexes of all 4 patients.

Patient CTV (range*) iCTV (range*)

1 Average volume (cm3) 79.21 (36.04–145.96) 89.15 (31.70–165.48)

Overall SD (cm) 0.75 (0.60–0.77) 0.82 (0.69–0.85)

CIgen 0.43 (0.41–0.46) 0.38 (0.35–0.41)

2 Average volume (cm3) 52.99 (24.97–106.90) 53.05 (16.59–131.79)

Overall SD (cm) 0.90 (0.80–0.95) 1.05 (0.39–1.05)

CIgen 0.32 (0.29–0.37) 0.30 (0.27–0.34)

3 Average volume (cm3) 28.66 (11.85–46.76) 68.26 (19.36–169.21)

Overall SD (cm) 0.52 (0.45–0.55) 0.99 (0.88–1.04)

CIgen 0.46 (0.43–0.50) 0.23 (0.19–0.26)

4 Average volume (cm3) 103.86 (75.13–147.46) 126.75 (49.2–204.04)

Overall SD (cm) 0.44 (0.39–0.46) 0.72 (0.62–0.74)

CIgen 0.65 (0.63–0.67) 0.50 (0.47–0.54)

Overall for all 
patients

Average volume (cm3)† 66.18 84.30‡ (p = 0.045)

Overall SD (cm)‡ 0.68 0.91

CIgen 0.46 0.35

* Range over 8 delineation (average volume) or results of leave-one-out analysis (overall SD and CIgen). 
† Note that the overall SD was calculated as the root-mean-square of the four SDs from the four patients 
‡ Two-sided Wilcoxon signed-rank test
Abbreviations: CTV = clinical target volume; iCTV = internal clinical target volume; SD = standard deviation; 
CIgen = generalized conformity index. 
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Figure 2.A. Scatterplots of CTV (left) and iCTV (right) of all four patients with the median, 25th and 75th 
percentile represented by the horizontal lines. Colors are related to observers and are similar for Figs. 2.1, 
2.2, 2.3 and 2.5 in this paper.
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Additional file 3
Suspicious pathological lymph nodes, stents, and 
fiducials 
Table 2.B. Number of observers who included the suspicious pathological lymph nodes in the (i)GTV 
according the diagnostic CT report.

Patient Location suspicious pathological lymph node GTV iGTV

2 Portocaval 5 4

2 Along common hepatic artery 3 2

4 Along tumor, not characterized 2 2

Table 2.C. Number of observers who included the biliary stent or percutaneous biliary drainage in the (i)GTV 
at least 50% of the stent in at least three slices.

Patient GTV-CT iGTV-CT

1 3 5

2 2 1

3 6 4

4 8 7

Table 2.D. The number of (i)GTV including the fiducial over the number of fiducials multiplied by number of 
observers (3 × 8 = 24). Partly included fiducials were counted as delineated. 

Patient GTV-CT iGTV-CT

1 24/24 (100%) 23/24 (100%)

2* 5/24 (21%) 4/24 (17%)

3 22/24 (92%) 16/24 (67%)

4 24/24 (100%) 21/24 (88%)

* In patient 2, the fiducials were mistakenly not implanted in the tumor. 
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Abstract
Purpose: To assess whether the addition of magnetic resonance imaging (MRI) 
alongside the planning computed tomography (CT) scan decreases interobserver 
variation for target volume delineation in pancreatic cancer patients.
Methods and Materials: Eight observers (radiation oncologists) from six institutions 
delineated the gross tumor volume (GTV) on 3DCT, and internal GTV (iGTV) on 4DCT 
of four pancreatic cancer patients, while MRI was available in a second window 
(CT+MRI). Variations in volume, generalized conformity index (CIgen), and overall 
observer variation, expressed as standard deviation (SD) of the distances between 
delineated surfaces, were analyzed. CIgen is a measure of overlap of the delineated 
(i)GTVs (1 = full overlap, 0 = no overlap). A Wilcoxon signed-rank test (significance 
level α = 0.05) was used to compare these results to those from an earlier study that 
assessed the interobserver variation by the same observers on the same patients on 
CT without MRI (CT-only).
Results: The maximum ratios between delineated volumes within a patient were  
6.1 and 22.4 for the GTV (using 3DCT) and iGTV (using 4DCT), respectively. The 
average (root-mean-square) overall observer variations were SD = 0.41 cm (GTV) and 
SD = 0.73 cm (iGTV). The mean CIgen was 0.36 for GTV and 0.37 for iGTV. When compared 
to the (i)GTV delineated on CT-only, the mean volumes of the (i)GTV on CT+MRI were 
significantly smaller (32%, p < 0.0005). The median volumes of the (i)GTV on CT+MRI 
were included for 97% and 92% in the median volumes of the GTV and iGTV on CT, 
respectively. Furthermore, CT+MRI showed smaller overall observer variations (GTV 
and iGTV root-mean-square SD = 0.59 cm) in six out of eight delineated structures 
compared to CT-only (root-mean-square SD = 0.72 cm). Finally, although smaller 
volumes were delineated on CT+MRI, the CIgen was similar in both studies.
Conclusion: The availability of MRI images during target delineation reduced the 
interobserver variation for 3DCT and 4DCT delineation of target volumes in pancreatic 
cancer.
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Introduction
Radiotherapy for pancreatic cancer aims at delivering a high radiation dose to the 
tumor while minimizing the dose delivered to the organs at risk (OARs). Several 
developments have improved the accuracy of radiotherapy of pancreatic cancer. 
The introduction of intensity modulated radiotherapy and volumetric modulated arc 
therapy enabled steep dose gradients close to the tumor, reducing the dose to OARs 
[1, 2]. Also, patient alignment has greatly improved with the introduction of intratumoral 
fiducial markers combined with daily cone-beam computed tomography (CBCT) [3, 4]. 
Furthermore, motion management has been improved with the introduction of 4D 
computed tomography (CT) [5] and breath-holding [6]. One of the remaining major 
challenges in radiotherapy for pancreatic cancer patients is precise and accurate 
target volume definition [7-9].

So far, studies on delineation accuracy investigated delineations on 3DCT 
in 1–2 patients with 11–25 observers. However, no quantitative information was 
reported on the conformity of the delineated volumes, or on local and overall observer 
variations expressed as standard deviations (SD). Such parameters are especially 
relevant for determining appropriate planning treatment volume margins [10] and 
quantifying improvement in interobserver variation after intervention [11, 12]. In 
an earlier study with eight observers and four patients, we confirmed a substantial 
interobserver variation when the tumor was delineated on 3DCT and 4DCT based on 
these parameters [13]. 

One of the reasons for this considerable interobserver variation may be the 
poor contrast between pancreatic tumors and the surrounding tissue on CT images. 
Potentially, MRI provides better tumor visibility [14-18]. For several other organs, MRI 
has been shown to improve interobserver variation [19-22]. For pancreatic tumors, 
delineations based on MRI were only studied in single institute studies (1–3 observers), 
which did not quantify the interobserver variation [23, 24]. To our knowledge, no 
multi-center study that assesses the value of MRI for target volume delineation in 
pancreatic cancer patients is available.

The aim of this exploratory study was to evaluate whether there is an added 
value in offering MRI alongside the planning CT for delineation of the target volume in 
pancreatic cancer patients. In this study, we quantify the interobserver variation and 
compare it to our previously published results [13] on CT-based delineation with the 
same eight observers and four patients. 



46

CHAPTER 3

Materials and Methods
In our previous study (CT-only) [13], eight observers (radiation oncologists) from six 
Dutch institutions participating in the PREOPANC trial [25] delineated target volumes 
of four pancreatic cancer patients using only diagnostic and planning CTs. In the 
current study (CT+MRI), we asked the same observers to repeat the delineations for 
the same patients, now offering a diagnostic MRI alongside the CTs. All CT-only data 
presented in this paper as comparison come from the earlier study [13]. 

Patients
The same patients were selected as in the CT-only study [13]. In that study, we selected 
the first four patients with histologically proven (borderline) resectable pancreatic 
ductal adenocarcinoma who participated in the PREOPANC (EudraCT number 2012-
003181-40) trial [25] (radiochemotherapy arm) and MIPA (NCT01989000) study. The 
patients gave written informed consent to both studies, which were approved by the 
local medical ethics committees (PREOPANC: Erasmus Medical Center, Rotterdam; 
MIPA: Academic Medical Center, Amsterdam). 

Imaging
Patients underwent a diagnostic CT, MRI and planning CT examination. The diagnostic 
CT scans (contrast-enhanced; CE) were acquired as part of standard patient care 
at the referring hospitals. Experienced abdominal radiologists from our institution 
reviewed these scans and considered them adequate for diagnostic purposes. 

After diagnosis, all patients received three markers (intratumoral golden fiducial 
markers) that were visible on CT, but not on MRI [26], as part of our standard treatment 
protocol [3, 27]. Furthermore, patients 1–3 received metallic biliary stents, and patient 
4 received percutaneous biliary drainage. All were placed after the diagnostic CT, but 
before the MRI and planning CT.

MRI was performed on an Ingenia 3 T scanner (Philips Healthcare, Best, the 
Netherlands) as part of the MIPA study. Four MRI scans were obtained using various 
sequences: T1-weighted spoiled gradient echo (T1W GE), CE T1W GE, T2-weighted 
turbo spin echo (T2W TSE) and diffusion-weighted imaging (DWI) for which the 
apparent diffusion coefficient map was displayed [28, 29] (examples in Fig. 3.1 e-h). 
The diagnostic CT and MRI were not registered to the planning CT. 

The planning CT scans were acquired at our radiation oncology department 
on a GE LightSpeed RT 16 scanner (General Electric Company, Waukesha, WI). Two 
planning CT scans were acquired, a CE 3DCT and a 4DCT. Several image sets were 



47

DELINEATION ON CT+MRI

3

reconstructed from the 4DCT scan: the ten respiratory phases, average intensity 
projection (Ave-IP) and maximum intensity projection (MIP). The diagnostic CT and 
MRI examinations were performed before the start of radiochemotherapy, whereas 
the planning CT examination was on average eight days (range 6–10 days) after the 
patients received their first administration of gemcitabine. Further details of all scans 
are discussed in the Supplementary Materials.

Delineation
Observers delineated the gross tumor volume (GTV) on the 3DCT (CE) and the internal 
GTV (iGTV) on the Ave-IP reconstruction of the 4DCT. The GTV was defined as the 
macroscopically visible tumor and pathological lymph nodes. The iGTV was defined 
as the GTV delineated on the Ave-IP reconstruction, extended to encompass the GTV 
on the ten respiratory phases of the 4DCT. The current study (CT+MRI), consisted 
of a 3DCT+MRI and 4DCT+MRI stage, in which the GTV and iGTV, respectively, were 
delineated under the guidance of MRI. The results were compared to the results from 
the 3DCT-only and 4DCT-only stages of the CT-only study [13]. For both studies 
observers received the same instructions on what to delineate, taken from the 
PREOPANC trial [25].

In both studies, observers received the Big Brother software [30]. The software 
showed a primary window, in which the (i)GTV was delineated, and a secondary 
window that could display selected other available images (Table 3.1). When viewed 
in the secondary window, the displayed slice from the 3DCT and 4DCT image and 
cursor position, were linked to the primary window (i.e. same slice and a dot indicating 
cursor position). Furthermore, observers had access to the radiology reports of the 
diagnostic CT and, in the CT+MRI study, the radiology reports of the MRI. These 
reports, from experienced abdominal radiologists, described the tumor extent. For 
the CT report, the associated pathological lymph nodes were also described: two 
suspicious locoregional lymph nodes in patient 2; “some” (cited) enlarged lymph 
nodes in patient 4, which were not characterized further.

First, the software for the CT-only study was sent to all observers. Four weeks 
after an observer returned their CT-only delineations, that observer received a 
PowerPoint document. In this document, the visibility of pancreatic tumors on the 
abovementioned MRI scans was discussed for nine pancreatic cancer patients 
(different from those included in this study). Observers received the software for the 
CT+MRI study at least six weeks after returning their CT-only delineations.
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Table 3.1. Overview of the available images.

3DCT+MRI 3DCT-only* 4DCT+MRI 4DCT-only*

3DCT X X + +

4DCT Ave-IP X X

4DCT MIP + +

4DCT ten phases + +

Diagnostic CTs + + + +

T1W GE + +

CE T1W GE + +

T2W TSE + +

DWI† + +

* These stages are from the CT-only study [13].
† The apparent diffusion coefficient map of the DWI images was shown.
X = images in main window, used for delineation; + = available in secondary window.
Abbreviations: Ave-IP = average intensity projection; MIP = maximum intensity projection; 
T1W GE = T1-weighted gradient echo; CE = contrast enhanced; T2W TSE = T2-weighted turbo spin echo; 
DWI = diffusion-weighted imaging. 

CT+MRI
The analyses were performed using the Big Brother software [30]. A resident radiation 
oncologist (EV) visually assessed the individually delineated (i)GTVs. She counted the 
number of observers who included the stents/drain, markers and pathological lymph 
nodes in the delineated volume. The average volume of the (i)GTVs, and generalized 
conformity index (CIgen) [31] per patient was calculated with the Big Brother software. 
CIgen is the sum over all observer pairs of their common volume (delineated by both 
observers), divided by the sum over all observer pairs of their encompassing volumes 
(delineated by at least one observer). CIgen is a measure of overlap of the (i)GTVs (1 = full 
overlap, 0 = no overlap). A median surface was defined using Big Brother. This surface 
was the 3D closed surface comprising the volume that was included in the (i)GTV by 
at least 50% of the observers. The median surface was sampled with approximately 
equidistant (0.5 mm) points in Big Brother. For each point, the perpendicular distances 
from the median surface to the surfaces of the eight individually delineated (i)GTVs 
were measured. If the surface of a delineated (i)GTV was not within 2 cm, the distance 
to the closest point on that surface was used instead. The SD over these eight 
distances was used as a measure of local observer variation (local SD). The overall 
observer variation (overall SD) was defined as the root-mean-square of all local SDs. 
Average overall SDs were calculated as root-mean-square over all patients. To assess 



49

DELINEATION ON CT+MRI

3

the dependence of the CIgen and overall SD on individual observers, we reported the 
range of values in a leave-one-out analysis. In this approach, the analyses were 
repeated eight times, successively leaving out one of the observers.

Comparison CT+MRI with CT-only
The results were compared to results from the CT-only study [13]. All statistical 
analyses were performed using SPSS (version 22.0.0.2, IBM, New York). Plots were 
made with GraphPad Prism (version 5.00, GraphPad Software, San Diego, CA). To test 
for differences in mean delineated target volumes, CIgen and mean overall SD we used 
a two-sided Wilcoxon signed-rank test between the CT-only and CT+MRI studies 
(significance level α = 0.05). Histograms of the local SDs per patient were compared 
between the CT-only study and CT+MRI study. Finally, we compared the 3D median 
surfaces from both studies and calculated for each median surface from the CT-only 
study the percent of the volume surrounded by the median surface of the CT+MRI 
study and vice versa. 

Results
Observers had on average 10.6 years (range 3–17 years) of experience in 
radiotherapy. Observer 4 (12 years of experience in radiotherapy) only just started 
treating pancreatic cancer. The remaining seven had an average of 5.4 years 
(range 2–12.5 years) of experience treating pancreatic cancer. These observers saw 
an average of 3.5 pancreatic cancer patients (range 1–7.5 patients) per year. All of the 
observers had experience with MRI in radiotherapy, and four had experience with MRI 
for pancreatic cancer. 

CT+MRI
The maximum ratio between delineated target volumes within one patient was 6.1 
for 3DCT+MRI and 22.4 for 4DCT+MRI (Figs. 3.1 a and c). The mean CIgen was 0.36 for 
3DCT+MRI and 0.37 for 4DCT+MRI (Table 3.2). The mean overall observer variation 
expressed by overall SD was 0.41 cm for 3DCT+MRI and 0.73 cm for 4DCT+MRI (root-
mean-square over all patients). Despite the instructions that pathological lymph nodes 
should be included in the (i)GTV, the different lymph nodes were only delineated by 
1–4 (range) out of eight observers (supplemental Table 3.B). Furthermore, the (i)GTVs 
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showed large variations close to stents/drain, in particular in patient 3 in whom four 
out of eight observers included the stent for 4DCT+MRI and five out of eight for 
4DCT+MRI (supplemental Table 3.C).

Table 3.2. Overview of the average volume, CIgen, and overall observer variation (overall SD).

3DCT+MRI 3DCT-only* 4DCT+MRI 4DCT-only *

Average volume (cm3)

Patient 1 13.3 (6.1–32.5) 36.7 (14.0–75.9) 19.3 (10.5–52.5) 41.8 (11.9–90.0)

Patient 2 9.1 (4.5–13.8) 20.3 (7.1–45.2) 18.5 (3.0–51.3) 20.6 (4.7–67.9)

Patient 3 5.7 (1.9–11.8) 10.4 (2.9–19.9) 11.0 (3.2–26.9) 32.4 (5.7–93.6)

Patient 4 53.4 (34.8–96.0) 52.3 (34.2–76.7) 59.8 (38.2–76.9) 65.5 (21.5–119.1)

Mean: 20.4 29.9 27.13 40.07

CIgen

Patient 1 0.31 (0.29–0.39) 0.34 (0.31–0.37) 0.25 (0.23–0.29) 0.29 (0.26–0.31)

Patient 2 0.34 (0.32–0.42) 0.22 (0.20–0.27) 0.17 (0.15–0.21) 0.20 (0.17–0.27)

Patient 3 0.23 (0.20–0.36) 0.34 (0.30–0.37) 0.20 (0.17–0.26) 0.16 (0.12–0.19)

Patient 4 0.56 (0.53–0.61) 0.59 (0.57–0.62) 0.61 (0.59–0.62) 0.45 (0.42–0.50)

Mean 0.36 0.37 0.31 0.27

Overall SD (cm)

Patient 1 0.43 (0.36–0.44) 0.70 (0.47–0.72) 0.57 (0.53–0.60) 0.71 (0.60–0.72)

Patient 2 0.40 (0.28–0.43) 0.84 (0.70–0.88) 1.11 (0.87–1.14) 0.90 (0.37–0.90)

Patient 3 0.40 (0.35–0.40) 0.48 (0.42–0.51) 0.62 (0.50–0.66) 0.89 (0.77–0.94)

Patient 4 0.43 (0.37–0.45) 0.43 (0.38–0.44) 0.39 (0.35–0.40) 0.68 (0.58–0.70)

RMS: 0.41 0.63 0.73 0.80

* These results are from the CT-only study (13).
Abbreviations: SD = standard deviation; CIgen = generalized conformity index; RMS = root-mean-square.
Between brackets, range of volumes (Average volume) and range of leave-one-out analyses (overall SD and 
CIgen).

Comparison CT+MRI with CT-only
Delineated (i)GTVs were 32% smaller when based on CT+MRI compared to CT-only 
(p < 0.0005, Z = -3.826, Fig. 3.1 a-d, Fig. 3.2 and Table 3.2). There was no significant 
difference in mean CIgen between the CT+MRI study (CIgen = 0.34) and CT-only study 
(CIgen = 0.32; p = 0.844, Z = -0.280). The mean overall observer variation was not 
significantly smaller in the CT+MRI study (root-mean-square over patients and (i)GTV 
overall SD = 0.59 cm) than in the CT-only study (0.72 cm; p = 0.078, Z = -1.820). 
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Figure 3.1. Example slices of GTV delineated on 3DCT+MRI (a) or 3DCT-only [13] (b) and iGTV delineated on 
the Ave-IP using 4DCT+MRI (c) or 4DCT-only [13] (d). The MRI images (e-h) show the tumor in the manually 
selected corresponding slice. The apparent diffusion coefficient map from the DWI acquisition is shown 
(h). Abbreviations: T1W = T1-weighted; GE = gradient echo; CE = contrast enhanced; T2W = T2-weighted; 
TSE = turbo spin echo; DWI = diffusion-weighted imaging.
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Figure 3.2. Scatter plots of the volume of the delineated (i)GTV on 3DCT+MRI (a), 4DCT+MRI (b), 3DCT-only 
(c), and 4DCT-only (d) per patient per observer. Median and interquartile ranges are indicated. Observer 
colors correspond to Fig. 3.1 a-d. Graphs (c) and (d) are from Versteijne et al. [13].

However, they were smaller in six out of eight delineated structures (three out of four 
GTVs, three out of four iGTVs).

Making MRI available decreased the local observer variation particularly in regions 
that had a large (> 1 cm) local SD in the CT-only study (Fig. 3.3). The histograms of local 
SD reflect this effect (supplemental Fig. 3.A). These histograms show shorter tails at 
high local SD for CT+MRI compared to CT-only, especially for the GTV of patients 1 
and 2, and the iGTV of patients 3 and 4. 

The median delineated surfaces of the (i)GTV of patient 2 each consisted of 
two separate volumes (except during the 3DCT+MRI stage), one encompassing the 
main tumor and one encompassing a suspicious portocaval lymph node (Fig. 3.3). As 
only 4–5 observers delineated this lymph node (supplemental Table 3.B), the local 
observer variation was large for that part of the median surface (Fig. 3.3, patient 2: 
local SD > 1 cm). Excluding this lymph node from the median surface resulted in an 
overall SD = 0.72 cm (leave-one-out range: 0.50–0.75 cm) in the 3DCT-only stage, 
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0.86 cm (0.44–0.91 cm) in the 4DCT+MRI stage and 0.49 cm (0.37–0.51 cm) in the 
4DCT-only stage. 

The median surfaces from the CT+MRI study were on average for 97% and 92% 
included within the median surfaces of the CT-only study for the GTV (using 3DCT) 
and iGTV (using 4DCT), respectively (Fig. 3.4). Vice versa, the median surfaces from 
the CT-only study were for 56% and 64% included within the median surface of the 
CT+MRI study.

Figure 3.3. The local observer variation (local SD) projected on the median surfaces of the (i)GTV for 
3DCT+MRI (a), 3DCT-only (b), 4DCT+MRI (c) and 4DCT-only (d). Colors correlate to the local SD, with red 
indicating local SD ≥ 9.4 mm. Volumes are viewed posterior of the patient (dummy). Note that for patient 2 
the portocaval lymph node was included in (b-d). Figures (b) and (d) are from Versteijne et al [13].
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Figure 3.4. For each patient, median surfaces for CT+MRI study (orange and light blue) and the CT-only study 
(red and dark blue) are shown. 

The number of observers who delineated a specific lymph node only varied 
by a maximum of one observer between the two studies (supplemental Table 3.B). 
An exception was the portocaval lymph node in patient 2, which was delineated by 
two observers in the 3DCT+MRI stage, instead of 4–5 observers in all other stages. 
There was a poor agreement in all stages on whether to include stents/drains in the 
(i)GTV (supplemental Table 3.C). There was a small difference (< 17% for all patients) 
between the CT+MRI study and CT-only study in the percentage of markers included 
in the (i)GTV (supplemental Table 3.D), except in patient 3. In patient 3 the markers 
were less often included for CT+MRI than for CT-only delineations.

Discussion
We are the first to show the benefits of offering MRI alongside the planning CT for 
delineation of pancreatic tumors in a multi-center setting. When MRI was available, 
the precision, represented by the overall SD, improved in six out of eight delineated 
structures. Furthermore, the volumes of the (i)GTV decreased significantly. The 
overlap of delineated (i)GTVs, represented by CIgen, remained similar, despite the 
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smaller volumes. These findings suggest an extra value of adding MRI for pancreatic 
tumor delineation.

In our study, as well as in other studies [23, 24], delineated target volumes in 
pancreatic cancer patients were smaller when (partially) based on MRI than when 
based on CT only. Similar findings have been reported for other types of cancer [19-
21]. There are two possible causes for this decrease in volume. The tumor volume 
size could be overestimated on CT due to poor tumor contrast and uncertain tumor 
boundaries. Furthermore, tumor size could be underestimated on (CT+)MRI. Therefore, 
appropriate clinical target volume (CTV) margins should be determined.

We assessed the number of interactions done in Big Brother with the various MRI 
sequences and found that observers focused on the CE T1W GE (results not shown). 
In one study [32], pancreatic tumor sizes were underestimated when assessed on 
CE MRI. In a different study [23], it was shown that delineations of pancreatic cancer 
tumors on MRI were larger when based on DWI than when based on CE T1W GE images. 
More extensive use of the other MRI sequences may improve delineations [18]. Future 
protocol instructions for MRI-based tumor delineation should be developed taking 
into account these issues. 

The addition of MRI mainly decreased the local SD in regions that had large 
local observer variation (local SD > 1cm). The fact that less decrease was seen in 
other regions of low local observer variation could be a result of the MRI images not 
being registered to the planning CT images. Translating the MRI information to the 
CT images may be challenging for the observers. Potentially, registration of the CT 
and MRI images decreases the overall observer variation further, as shown for brain 
tumors [33]. As the pancreas and other abdominal organs had deformed between 
the three image sessions, a deformable registration would be required. The use of 
deformable image registration for this purpose is not widely validated. Therefore, we 
chose not to register the images. In the future, MRI and CT scans should be acquired 
in the treatment position, preferably with markers that are visible on both MRI and CT 
to guide registration [26]. 

Clear instructions and consensus on what to delineate decreases interobserver 
variation, as was shown in various organs [12, 11]. In our study, no specific instructions 
on whether to include stents/drains into the (i)GTV were given. The large variation 
on including stents suggests the necessity of such instructions. Our delineation 
instructions did state that pathological lymph nodes should be included in the (i)GTVs. 
The large variation concerning the inclusion of lymph nodes in the (i)GTV suggests 
that observer compliance is also important. As these confusions affected both the 
CT-only and CT+MRI studies (Tables 3.B-3.D), we believe they did not influence the 
comparison between the CT-only and CT+MRI delineations.
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Several limitations were associated with this paper. Due to the relatively 
large amount of pancreatic tumor delineations done (four patients, four times) in a 
relatively short time, observers may have improved their skills between both studies. 
Furthermore, despite the gap of at least six weeks between both studies, observers 
may have recognized patients during the CT+MRI study. Both factors could result in 
smaller observer variation for CT+MRI. Furthermore, the MRI was not obtained as 
part of the radiotherapy treatment. When MRI is obtained for radiation treatment, 
different settings or sequences may be preferred with higher resolutions, such as 
e.g. alternating repetition time balanced steady-state free precession imaging, which 
could be an alternative to the T2W TSE acquisition, with high resolution in 3D [34].

Similar to findings for other organs [19-22], we found that the overall observer 
variation decreased when MRI was available during delineation. Consequently, 
potentially smaller planning treatment volume margins can be used for CT+MRI 
delineations than for CT-only delineations. However, due to the exploratory nature 
of this research, the overall SD was based on a small patient group and, therefore, 
does not necessarily represent typical overall SDs for the pancreatic cancer patient 
population. Therefore, this study should be repeated using more patients to quantify 
necessary treatment margins.

In conclusion, in this exploratory study the availability of MRI images to CT during 
target volume delineation for pancreatic cancer improved (decreased) the overall 
observer variation for six out of eight structures and resulted in smaller delineated 
volumes compared to CT-only delineation. Yet, large local observer variations existed 
close to the biliary stent and/or pathological lymph nodes, indicating issues with 
instructions and compliance.
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Supplementary Materials A
Acquisitions
Diagnostic CT, planning CT and MRI examinations were held on separate days. On 
average, the diagnostic CT examination was 53 days (range 46–62 days) before the 
planning CT examination whereas the MRI examination was 19 days (range 15–21 
days) before the planning CT examination. 

The diagnostic CT scans were acquired at the referring hospitals. The scans were 
considered adequate for diagnostic purposes by the dedicated abdominal radiologists 
from our institution. The diagnostic CT scans were obtained after vascular contrast 
(iodine) injection and included axial scans in arterial (35 s after injection, all patients), 
and venous contrast phase (60 s after injection, patients 1,2 and 4) or portal contrast 
phase (240 s after injection, patients 1 and 4). In addition, reconstructed coronal 
views were available for the arterial (patients 1, 2 and 4) and venous (patients 2 and 
3) contrast phases.

The planning CT scans were obtained with patients in treatment position: supine 
on a flat table top with hands above their head. Two planning CT scans were acquired, 
a 3DCT and 4DCT. The 3DCT scan was acquired during free breathing after contrast 
injection in the arterial contrast phase and the corresponding 3DCT images represent 
a snapshot of the respiratory cycle. The 3DCT was reconstructed with a slice 
thickness of 2.5 mm and an in-plane resolution of 1.3 × 1.3 mm2. For the 4DCT scan, 
the respiratory motion was monitored while data were acquired continuously during 
free breathing. The respiratory motion was synchronized to the CT acquisition by the 
respiratory gating system RPM (Real-Time Position Management, Varian Oncology 
Systems, Palo Alto, CA). The data were sorted according to the respiratory signal and 
images were reconstructed of the ten respiratory phases. Also, a maxi-mum intensity 
projection (MIP) and average intensity projection (Ave-IP) were reconstructed from 
the images from the ten phases. The images reconstructed from the 4DCT scan had a 
slice thickness of 2.5 mm and an in-plane resolution of 1.0 × 1.0 mm3.

MRI scans were obtained with a 16-channel phased-array anterior coil and a 
10-channel phased-array posterior coil. Four MRI scans were acquired using various 
sequences: T1W GE, CE T1W GE, T2W TSE and DWI (Table 3.A). The T1W GE scan 
obtained three echoes and used a Dixon reconstruction to obtain water only images. 
The T1W GE scan was acquired in a single breath-hold and images had a high 
isotropic resolution, allowing for a correct representation of the anatomy. However, 
T1W GE images show poor pancreatic tumor contrast. Therefore, an additional 
CE T1W GE scan was acquired after gadovist 1.0 (Bayer Healthcare, Leverkusen, 
Germany) administration (0.1 ml/kg; 5 ml/s, followed by a 15 ml saline flush) in the 
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parenchymal phase (35 seconds after injection), which improves lesion conspicuity. 
Due to the design of the MIPA study, another gadovist bolus had also been injected 
approximately 6 minutes before the CE T1W GE scan. On T2W TSE images the tumor is 
often poorly visible; however, its location can often be derived by finding obstructions 
of the pancreatic duct, which is clearly visible on these images. Also, these images can 
show the presence of peripancreatic inflammation. The apparent diffusion coefficient 
maps were generated from b = 0 and 600 mm-2s DWI scans. DWI, and in particular, the 
apparent diffusion coefficient maps from DWI, give information about the diffusivity 
of tissue. In general, pancreas carcinomas show increased cellular density, causing 
decreased diffusivity [28, 29].

Table 3.A. MRI sequence settings.

T1W GE T2W TSE DWI

Resolution (mm2) 1.7 × 1.7 1.3 × 1.6 3 × 3

Slice thickness (mm) 1.7 5 3.7

FOV RL × AP × FH (mm3) 400 × 353 × 95 400 × 369 × 145 432 × 108 × 67

TR/TE/ΔTE (ms) 4.7/1.26/0.9 779/80/– > 2200/45/–

Parallel imaging 2 (AP)/1.5 (FH) 2 (AP) 1.3 (AP)

Fat saturation Dixon SPAIR SPIR and gradient reversal

Flip angle (°) 9 (25 post contrast) 90 (120 refocussing) 90

Respiratory compensation 1 breath-hold 3 breath-holds Respiratory triggering using a 
navigator

Abbreviations: T2W TSE = T2-weighted turbo spin echo; DWI = diffusion-weighted MRI; FOV = field of view; 
RL = right–left; AP = anterior–posterior; FH = foot–head; TR = repetition time; TE = echo time; ΔTE = increase 
in TE; SPAIR = spectral attenuated inversion recovery; SPIR = spectral presaturation with inversion recovery.
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Supplementary Materials B
Lymph nodes, stents/drain, and markers
Table 3.B. Number of observers who delineated the lymph nodes.

lymph nodes 3DCT+MRI 3DCT-only* 4DCT+MRI 4DCT-only*

patient 2, portocaval 2 5 4 4

patient 2, along common hepatic duct 2 3 3 2

patient 4 2 2 1 2

* These results are from the CT-only study [13].

Table 3.C. Number of observers who delineated the stent or drain.

Patients 3DCT+MRI 3DCT-only* 4DCT+MRI 4DCT-only*

1 2 3 2 5

2 1 2 2 1

3 4 6 5 4

4 8 8 8 7

Number of observers who delineated at least 50% of the stent/drain in at least three slices are reported
* These results are from the CT-only study [13].

Table 3.D. Markers located within the delineated volumes.

3DCT+MRI 3DCT-only* 4DCT+MRI 4DCT-only*

1 24/24  (100%) 24/24  (100%) 24/24  (100%) 23/24  (100%)

2† 1/24  (4%) 5/24  (21%) 5/24  (21%) 4/24  (17%)

3 11/24  (46%) 22/24  (92%) 14/24  (58%) 16/24  (67%)

4 24/24  (100%) 24/24  (100%) 24/24  (100%) 21/24  (88%)

The number of volumes including the marker over the number of markers multiplied by number of observers 
(3 × 8 = 24). Markers that were included partially in the delineated volume were counted as delineated. 
* These results are from the CT-only study [13].
† In patient 2, the markers were mistakenly implanted outside the tumor. 
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Supplementary Materials C
Local standard deviation

Figure 3.A. Normalized histogram of the local SD of the CT-only study (dotted gray line) and CT+MRI study 
(solid black line). Graphs are based on the local SDs from on average 32,324 (range 9,728–66,504) points on 
the median surface and normalized to the total surface of the median surface.
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Abstract
Purpose: In radiation therapy of pancreatic cancer, tumor alignment prior to each 
treatment fraction is improved when intratumoral gold fiducial markers (from here 
onwards: markers), which are visible on computed tomography (CT) and cone beam 
CT, are used. Visibility of these markers on magnetic resonance imaging (MRI) 
might improve image registration between CT and magnetic resonance (MR) images 
for tumor delineation purposes. However, concomitant image artifacts induced by 
markers are undesirable. The extent of visibility and artifact size depend on MRI-
sequence parameters. The authors’ goal was to determine for various markers their 
potential to be visible and to generate artifacts, using measures that are independent 
of the MRI-sequence parameters.
Methods: The authors selected ten different markers suitable for endoscopic 
placement in the pancreas and placed them into a phantom. The markers varied in 
diameter (0.28–0.6 mm), shape, and iron content (0%–0.5%). For each marker, the 
authors calculated T2*-maps and ΔB0-maps using MRI measurements. A decrease in 
relaxation time T2* can cause signal voids, associated with visibility, while a change 
in the magnetic field B 0 can cause signal shifts, which are associated with artifacts. 
These shifts inhibit accurate tumor delineation. As a measure for potential visibility, 
the authors used the volume of low T2*, i.e., the volume for which T2* differed from 
the background by > 15 ms. As a measure for potential artifacts, the authors used 
the volume for which |ΔB0| > 9.4 × 10-8 T (4 Hz). To test whether there is a correlation 
between visibility and artifact size, the authors calculated the Spearman’s correlation 
coefficient (Rs) between the volume of low T2* and the volume of high |ΔB0|. The 
authors compared the maps with images obtained using a clinical MR-sequence. 
Finally, for the best visible marker as well as the marker that showed the smallest 
artifact, the authors compared the phantom data with in vivo MR-images in four 
pancreatic cancer patients.
Results: The authors found a strong correlation (Rs = 1.00, p < 0.01) between the 
volume of low T2* and the volume with high |ΔB0|. Visibility in clinical MR-images 
increased with lower T2*. Signal shift artifacts became worse for markers with high 
|ΔB0|. The marker that was best visible in the phantom, a folded marker with 0.5% iron 
content, was also visible in vivo, but showed artifacts on diffusion-weighted images. 
The marker with the smallest artifact in the phantom, a small, stretched, ironless 
marker, was indiscernible on in vivo MR-images. 
Conclusion: Changes in T2* and ΔB0 are sequence-independent measures for 
potential visibility and artifact size, respectively. Improved visibility of markers 
correlates strongly to signal shift artifacts; therefore, marker choice will depend on 
the clinical purpose. When visibility of the markers is most important, markers that 
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contain iron are optimal, preferably in a folded configuration. For artifact sensitive 
imaging, small ironless markers are best, preferably in a stretched configuration.

Introduction
Radiation therapy aims at delivering a high radiation dose to the tumor while minimizing 
the dose to healthy tissues. For pancreatic cancer, this is challenging as the radiation 
dose to the tumor is limited due to the surrounding vital organs. Moreover, pancreatic 
tumors show both intra-fractional motion and interfractional position variations [1, 2]. 
Furthermore, these tumors are often poorly defined on computed tomography (CT) 
images. 

To correct for daily position variations of the tumor, the target position can be 
verified by comparing in-room cone beam computed tomography (CBCT) images 
with the planning CT scan. However, soft-tissue contrast is low on CBCT images and, 
consequently, CBCT to CT registrations are often based on bony anatomy, hence, 
remaining inter-fractional position variations of the tumor can still persist.

Radiation may be delivered more accurate when position verification is done 
based on the tumor position rather than the bony anatomy. Implanted intratumoral 
fiducial gold markers (from here onwards: markers) that are visible on CT and CBCT, 
enable this [1]. To ensure endoscopic placement of markers in the pancreas through 
a 19-gauge needle, the markers require a diameter (∅) of less than 0.686 mm [3]. 
Though, markers that fit in a 22-gauge needle (markers with ∅ < 0.413 mm) may be 
preferred, as this needle is more maneuverable [4].

Due to poor soft-tissue contrast, tumor delineation on CT-images can result 
in large inter-observer variations [5]. Magnetic resonance imaging (MRI), shown to 
improve tumor delineation in various tumor sites [6-8], may also benefit pancreatic 
cancer patients. Also, MRI can be used for detecting and characterizing pancreatic 
tumors using contrast enhanced MRI or diffusion-weighted MRI (DWI) [9, 10].

When both MRI and markers are used, visibility of the markers on magnetic 
resonance (MR) images might improve CT-MR or CBCT-MR image registration [11, 12]. 
Several larger markers (∅ ≥ 1 mm) are proven to be visible on MRI [11-13]. However, 
smaller markers, such as the ones implanted in pancreatic cancer patients, may lack 
visibility and, therefore, prohibit marker-based registration. For example, Chan et al. 
argue that from their selection of markers (0.5 ≤ ∅ ≤ 1.2 mm), the larger markers 
should be chosen when visibility on MRI is desired [14]. In addition, markers may 
cause image artifacts, in particular in DWI [15]. On diffusion-weighted (DW) images 
of the prostate, some markers (∅ = 1 mm, length = 3 mm) produced artifacts up to 
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25 mm in diameter which also resulted in an inaccurate apparent position [16]. This 
prevents accurate tumor delineation close to the markers. Therefore, selecting the 
optimal marker is important and the knowledge about marker visibility and artifacts 
the marker causes is crucial in this selection.

Both the visibility and extend of the artifact depend on the choice of MRI-sequence 
parameters and therefore, findings are hard to generalize. In this paper, we propose 
an innovative sequence-independent framework for describing the effects of markers 
on MR-images by quantifying their effects on the magnetic field, B0, and on the 
relaxation time, T2* [17-19]. Changes in B0, occurring due to differences in magnetic 
susceptibility of the marker compared to the surrounding tissue, cause signal shifts. 
Signal shifts result in bright and dark spots in the image and changes in the apparent 
position of the marker. These signal shifts are therefore associated with artifacts. For 
a given change in B0, the amount of shift depends only on the bandwidth (BW) of the 
MRI-sequence and thus, artifacts can be reduced by increasing the sequence BW. In 
addition, markers decrease the local T2*, thereby creating the potential for a signal 
void. These signal voids are associated with visibility. For a given decrease in T2*, the 
amount of signal loss in the vicinity of the marker depends strongly on the echo time 
(TE) of the sequence; therefore, the visibility can be tuned by adjusting the TE.

The goal of this study was to determine the visibility of several markers as well 
as the artifacts they generate on MR-images. We investigated whether there is a 
relation between visibility (signal voids) and artifact size (signal shifts). This was done 
by quantifying their propensity to generate signal voids and signal shifts in a phantom. 
The results were compared to the measurements in pancreatic cancer patients.

Materials and Methods
Fiducial gold markers
We selected ten markers, of which six Gold Anchors (Naslund Medical AB, Huddinge, 
Sweden), two Visicoils (IBA Dosimetry, Schwarzenbruck, Germany), one PointCoil, and 
one FlexiCoil (both CIVCO Medical Solutions, Kalona IA). All markers had a diameter 
∅ < 0.686 mm, such that they fit in 19-gauge or 22-gauge needles. All markers 
consisted of at least 99.5% gold. Markers 1 and 2 contained some iron to improve 
their visibility on MR-images [20]. The markers varied in size, shape, and composition 
(Table 4.1, Fig. 4.1). All Gold Anchors were analyzed in a stretched and a folded 
configuration. 



69

VISIBILITY AND ARTIFACTS OF FIDUCIAL MARKERS

4

To mimic our clinical practice, we manually cut down the markers that were longer 
than 12 mm (markers 1, 2, and 5) to a length of approximately 10 mm. Then, for all 
markers, we measured their length with a ruler (estimated absolute error of ≤ 1 mm).

Table 4.1. Properties of ten investigated markers.

Diameter 
(mm)

Measured length 
(mm)

Composition  
(%)

Product name Shape

1 0.28 10 99.5±0.05 Au, 0.5±0.05 Fe Gold Anchor NL

2 0.28 10 99.5±0.05 Au, 0.5±0.05 Fe Gold Anchor Folded NL

3 0.28 10 > 99.99 Au Gold Anchor NL

4 0.28 10 > 99.99 Au Gold Anchor Folded NL

5 0.35 12 > 99.95 Au Visicoil CL

6 0.40 9 > 99.99 Au Gold Anchor NL

7 0.40 12 > 99.99 Au Gold Anchor Folded NL

8 0.50 10 > 99.95 Au Visicoil CL

9 0.6 5 > 99.99 Au PointCoil Helical coil

10 0.6 10 > 99.99 Au FlexiCoil CL with solid endpoints

Note: Compositions not mentioned were unspecified by the manufacturer. 
Abbreviations: NL = notched linear; CL = coiled linear (see Fig. 4.1 for examples)

Phantom study	
We filled ten jars (radius = 25 mm, height = 70 mm) halfway with agarose gel. The gel 
contained 1.3 g NaCl, 85 µmol GdCl3, 25 g agarose, and 1.5 g sodium benzoate, per 
liter demi-water, mimicking pancreatic tissue relaxation properties [21, 22]. Once the 
agarose gel had set, we placed each marker at the center of a jar on top of the gel and 
filled up the rest of the jar with the remaining gel. 

The jars were placed in a jar rack that fixed their positions, which was placed in 
a container filled with water to minimize air interfaces close to the markers (Fig. 4.2). 
Such interfaces could induce additional, unwanted, changes in ΔB0.

Imaging
We obtained CT images with a LightSpeed RT 16 CT-scanner (General Electric 
Company, Waukesha WI), with 1.0 × 1.0 mm2 in-plane resolution and a 2.5 mm 
slice thickness. Subsequently, CBCT images were acquired using the on-board kV-
imager of the Synergy linear accelerator (Elekta Oncology systems, Crawley, UK) with 
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1.0 × 1.0 × 1.0 mm3 voxels. The CT and CBCT images are meant for illustration and no 
special attention was paid to the alignment.

Figure 4.1. Example images for each of the marker shapes. From left to right: notched linear (marker 1), 
folded notched linear (marker 2), coiled linear (marker 5), helical coil (marker 9), and coiled linear with solid 
endpoints (marker 10). From top to bottom, the figure shows different imaging modalities. Photos of the 
markers were obtained using a digital camera. MR-images were acquired with the markers perpendicular 
(top) and aligned (bottom) with respect to the B0-field (arrow). Photo, CT, CBCT, and MR-images were taken 
at different times and therefore marker rotation between modalities occurred. The markers seem longer 
on CT due to the reconstruction method. Marker 5 was slightly bent when cut down (photo) but bent back 
to its original stretched configuration in the phantom. The T2*-selected and ΔB0-selected images use the 
aligned case as an example to illustrate in white which voxels contributed to the volume of low T2* and ΔB0, 
respectively. For marker 5, no voxels were selected in this scan.
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Figure 4.2. Photo and x-ray radiograph of the phantom. On the x-ray, the markers are visible as white stripes 
and dots in the jars, depending on the configuration of the marker.

We acquired all MR-images on an Ingenia 3 T scanner (Philips Healthcare, Best, 
the Netherlands), using a 16-channel phased-array anterior coil and a 10-channel 
phased-array posterior coil. For each sequence, we obtained four MR-images: two 
different marker orientations (aligned and perpendicular to B0 for the linear markers) 
as well as two different read-out directions [left–right (LR) and feet–head (FH)]. As we 
will investigate whether there is a difference between the two marker orientations on 
MRI, marker alignment for the MRI was more critical, and was done within ±15°. We 
expect little effect from rotations within this limit.

To produce maps showing the local T2* and ΔB0 values per voxel, a T2*-map 
and ΔB0-map, respectively, we obtained a T1-weighted eight echo steady state 
free precession (SSFP) MR-images of the phantom (Table 4.2). These images were 
reconstructed at a 1.4 mm isotropic resolution.

We created T2*-maps from the magnitude data of the SSFP image by fitting

S(TE) = S(0) e 	 (4.1)

to the signal, S(TE), as function of echo time, TE, for each voxel. Note that a decrease 
in signal due to the lack of hydrogen atoms in the marker, and a decrease in signal 
due to RF shimming, are already present at TE = 0 ms and thus are taken into account 
by S(0); therefore, they do not effect T2*. We used a phase unwrapping algorithm to 
calculate ∆B0 from the phase data from the same SSFP image [23, 24]. To remove 
marker-unrelated low frequency fluctuations in these ∆B0-maps, we subtracted 
a low-pass filtered version of the ∆B0-map (3D Gaussian, standard deviation: four 
voxels in each direction) from the ∆B0-maps.

To determine whether the voids and signal shifts on clinical sequences were 
in agreement with the findings from the T2*-maps and ∆B0-maps, respectively, we 
obtained MR-images of the phantom using the imaging sequences from our clinical 
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protocol that have the highest potential to show the marker or to show artifacts (Table 
4.2). The Dixon images were acquired using a multi-echo T1-weighted FFE sequence 
and used a Dixon reconstruction to generate a water-only image. These images 
are particularly suitable to visualize anatomical features. For the multi-echo SSFP 
sequence, the visibility of a marker improves at later echoes; therefore, it allows us to 
tune the visibility. The DWI sequence is the most sensitive to artifacts. 

The DWI sequence in the protocol (DWIhigh BW) was configured such that it had 
a high BW/voxel to minimize marker signal shift artifacts. For the phantom study, we 
also acquired a DWI sequence (DWIlow BW) using a lower BW/voxel for comparison. 
Both DWI sequences had a diffusion weighting of 0 and 600 mm-2s, rest slabs to 
prevent fold-over artifacts, a spectral presaturation with inversion recovery (SPIR) 
pulse for fat saturation, and gradient reversal for off-resonance suppression during 
slice excitation.

Patient study
We obtained CT, CBCT (settings similar as for the phantom study), and MR-
images (clinical protocol, Table 4.2) of four patients with markers (two males, two 
females, aged between 62 and 80, mean age 69). The patients were diagnosed with 
borderline resectable or resectable pancreatic head carcinomas. They received 
radiochemotherapy prior to explorative laparotomy in the framework of the multi-
center PREOPANC trial (EudraCT No. 2012-003181-40) and they received a MRI 
as part of the translational MIPA study (Clinicaltrials.gov no. NCT01989000). The 
ethics committee of the Erasmus Medical Center and the Academic Medical Center, 
respectively, approved the protocols and all patients gave informed consent to both. 
The patients received intratumoral markers as part of our standard clinical practice. 
Feasibility of the marker implantation procedure was shown in an earlier study [4]. 

Patient 1 received two ∅ = 0.28 mm Gold Anchors with 0.5% iron, which had the 
largest signal void in the phantom experiment, and one ∅ = 0.35 mm Visicoil, which 
had the smallest signal shift, and patients 2–4 received three ∅ = 0.35 mm Visicoils. 
Patients 1–3 had metallic biliary stents.

Data analysis
As stated in the Introduction, marker visibility is generated by signal voids induced 
by the marker. The potential for a marker to generate these voids depends on the 
decrease in T2* it causes. Given a T2*-map, the size of the voids, which strongly 
depends on the TE of the sequence, can be determined for each MRI-sequence. It is, 



73

VISIBILITY AND ARTIFACTS OF FIDUCIAL MARKERS

4

however, impossible to quantify and report this for every MR-sequence. Therefore, 
we ranked the visibility in two ways: the volume of low T2* (which is related to the 
potential size of the signal voids) and the decrease in T2* relative to the background 
(which is related to the potential magnitude of the signal voids).

Table 4.2. Sequence parameters used for the phantom and in vivo experiments.

Phantom study Clinical protocol (phantom and patients)

SSFP DWIlow BW Dixon SSFP DWIhigh BW

FOV (mm3)  
(LR × AP × FH)

400 × 350 × 90 350 × 100 × 90 400 × 350 × 95 400 × 350 × 95 430 × 110 × 70

Resolution (mm2) 1.4 × 1.4 2.0 × 2.0 1.7 × 1.7 2.3 × 2.3 3.0 × 3.0

Slice thickness  
(mm) (acquired/
reconstructed)

2.8/1.4 2.0 1.7 4.6/2.3 3.7

TR/TE/∆TE (ms) 32.9/2.3/2.3 3500/50/— 4.7/1.15/1.0 20/2.3/2.3 4000/45/—

Parallel imaging — 1.7 2/1.5 (AP/FH) 2/1.5 (AP/FH) 1.7

Half Fourier — 0.8 — — 0.8

Flip angle (°) 12 90 8 12 90

Averages 2 8 1 1 15

In vivo respiratory  
compensation

— — Breath hold Breath hold Navigator  
triggered

BW/voxel (Hz) 1252 17.5a 1602 1973 58.8a

Scan time (s) 470 126 20 23 148b

a In the phase direction.
b The total scan time without respiratory triggering. 
Abbreviations: TR = repetition time; ∆TE = increase in TE; AP = anterior–posterior direction; FA = flip angle.

Figure 4.3. Example of how the ellipsoidal ROIs were placed on the T2*-maps. Figures (a) and (b) show 
coronal and sagittal view of the ellipsoid, respectively. The inner ROI indicates the region in which voxels 
were counted and the shell indicates the 1-voxel wide shell used to determine background values of T2*.
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For each marker, we selected an ellipsoidal region of interest (ROI) (Fig. 4.3) (485–
1713 voxels). We visually checked that the ROI included the entire extent of the T2* as 
well as ∆B0 effects and avoided air bubbles and effects from the water–gel/water–air 
boundaries at the edge, top, and bottom of the jar.

As a measure of the volume of low T2*, we used the volume of all voxels in our 
ROI (Fig. 4.3) with a ΔT2* = T2*background–T2* larger than 15 ms. Here, T2*background is the 
average T2* of all voxels in a 1-voxel wide shell around the ROI (287–648 voxels) 
(Fig. 4.3). We visually checked that the ROI was not contaminated by effects of the 
marker, nor air bubbles and effects from the water–gel/water–air boundaries at the 
edge, top and bottom of the jar. The cut-off value of 15 ms was chosen in order to 
differentiate markers according to the marker’s volume of low T2*. As a measure of 
the decrease in T2* relative to the background, we calculated:

frac∆T2*,max =  
T2*background –T2*min

T2*background

	 (4.2)

Here, T2*min is the mean T2* of the three voxels with lowest T2* within the ROI.
In addition to voids, markers also generate artifacts by inducing signal shifts. 

The potential for a marker to generate such shifts depends on the changes in ∆B0 
it creates. Given a ∆B0-map and the sequence BW, the distance signal shifts can 
be determined for each MRI-sequence. Similar to T2*, we rank artifacts in two ways: 
the volume of affected ∆B0 (which is related to the potential size of the artifact) and 
the maximum difference in ∆B0 (which is related to the potential magnitude of the 
artifact).

As a measure for the volume of affected ∆B0, we used the volume of all voxels 
within the ROI with a value of |∆B0| > 9.4 × 10-8 T (4 Hz). The value of 9.4 × 10-8 T (4 Hz) 
allowed us to differentiate between markers according to the marker’s volume of high 
|∆B0|. The absolute value is taken as the marker can either increase or decrease B0. 
In addition, as a measure for maximum difference in ∆B0, ∆maxB0, we determined the 
difference between the mean ∆B0 of the three voxels with highest ∆B0 and the mean 
∆B0 of the three voxels with lowest ∆B0 within the ROI. 

We compared the volume with low T2* and with large |∆B0|, frac∆T2*,max, and ∆maxB0 
between both marker orientations. The orientation of a marker in vivo with respect to 
read-out direction as well as to B0 is random and cannot be fixed at will. Therefore, 
for each marker, we averaged the volumes of low T2*, the volumes of high |∆B0|, the 
frac∆T2*,max and the ∆maxB0 over both orientations of the markers with respect to B0 
and for both read-out directions, for all data analyses. To test whether there was a 
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correlation between the visibility and the artifact size, a Spearman rank correlation 
coefficient, Rs, was calculated between the volume with low T2* and the volume with 
large |∆B0|, using SPSS (version 21, IBM, New York). Rs was also calculated between 
∆maxB0 and frac∆T2*,max.

To illustrate how our data can be used, we calculated for each marker the expected 
maximum signal shift, using a BW per voxel (BWvoxel) of 17.5 ms (as for DWIlow BW) and 
the measured ∆maxB0,

∆ x#,max =  
γ × ∆max B0

2� × BWvoxel

	 (4.3)

Here, γ is the gyromagnetic ratio. Also, this equation was used to estimate the 
maximum voxel shift in our T2*- and B0-maps by taking the largest measured ∆maxB0 
and the BW from the T1-weighted SSFP measurement (Table 4.2).

To determine visibility of the markers in vivo, an experienced abdominal radiologist 
(20 yr experience) examined the MR-images.

Results
Phantom study
All markers were visible on both CT and CBCT. The markers appeared larger on CT 
than in the photo and on CBCT due to partial volume effect.

Figure 4.1 shows for five markers the T2*-maps and ∆B0-maps. One of the 
markers showed for the FH read-out direction a low T2*background (39.2 ms) compared to 
the other markers; therefore, those two data points (both marker orientations), were 
excluded from the analyses. The T2*background values varied between 43.3 and 47.0 ms 
(mean: 45.1 ms). In the same figure we showed binary maps illustrating in white which 
voxels contributed to the volume of low T2* or to the volume with high |∆B0| (T2*-
selected and ∆B0-selected, respectively)..

The seven stretched markers had a larger volume of low T2* (2.6 × larger on 
average), a larger volume of high |∆B0| (2.5 × ), a higher fracΔT2*,max (1.4 × ) and a larger 
∆maxB0 (2.3 × ) when oriented perpendicular to B0 compared to the parallel orientation.

There was a strong non-linear correlation (RS = 1.00, p < 0.01) between volume with 
low T2* and volume with high |∆B0| (Fig. 4.4 a). Also frac∆T2*,max and ∆maxB0 (Fig. 4.4 b) 
were strongly correlated (RS = 0.94, p < 0.01). The non-linearity of the correlation was 
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due to the fact that 0 ≤ frac∆T2*,max ≤ 1, by definition, whereas ∆maxB0 can, in theory, 
increase unlimited. All Gold Anchor pairs with different configurations (markers 1–2, 
3–4, and 6–7) had a larger volume with low T2*, volume with high |∆B0|, frac∆T2*,max and 
∆maxB 0 for the folded configuration compared to the unfolded configuration (Fig. 4.4). 

Larger changes in T2*-maps correlated with larger signal voids on the Dixon 
images and the multi-echo SSFP images (Fig. 4.5). However, the apparent void size 
differed between the sequences, depending on the T2* weighting of the derived 
images.

Larger changes on the ∆B0-maps correlated with larger signal shift artifacts in 
DW-images (Fig. 4.5). The calculated maximum distances voxels could theoretically 
shift with respect to each other, given the measured ∆maxB0 and a BW of 17.5 Hz 
were 9.8 mm for marker 2, ≤ 0.7 mm for markers 3 and 5, and between 1.7 and 6 mm 
for the rest (Table 4.A from supplementary materials). For DWIhigh BW, the BW was 
3.4 times larger and voxels were 1.5 times larger than for DWIlow BW; therefore, the 
signal is expected to shift 0.45 times as far. The largest measured value of ∆maxB0 
corresponded to a maximum signal shift in our T2*- and B0-maps of 0.07 voxels (Eq. 
4.3); this effect was ignored in the data analysis.

Patient study
The radiologist found that marker 2 was visible in vivo on most images and of 
comparable size as in the phantom images (Figs. 4.6 a and c). In the Dixon image, 
one out of the two markers 2 was indiscernible. However, it was visible on the SSFP-
image. Both markers were indiscernible from anatomical features in the DW-images. 

The radiologist could not discern marker 5, the marker with the smallest amount 
of signal shift in our phantom, on either of the MR-images of any of the four patients 
(Fig. 4.6). Patients 1–3 had a biliary stent, recognizable as a hyperdense circle with a 
hypodense center on the CT images. In the Dixon image (Fig. 4.6 b), a spot is visible 
that might be interpreted as a marker, but in fact was a duct.

Discussion
Our study is the first to demonstrate marker visibility as well as artifact properties on 
MRI using sequence-independent measures: ∆B0 and T2*. Also, our study is the first 
to investigate the behavior on MRI of a range of markers that are small enough to fit in 
the 19 or 22-gauge needles that are used for endoscopic placement in the pancreas. 
We found that markers that yielded large volumes of low T2* also produced large 
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volumes of high |∆B0|, indicating that the potential marker visibility and potential for 
the marker to generate artifacts are related. The marker that was best visible in the 
phantom was detectable in vivo, whereas the marker that yielded the smallest signal 
shifts was indiscernible in vivo. For the remaining markers, the in vivo visibility and 
signal shifting can be estimated from their T2* and ∆B0 properties (Fig. 4.4), either 
using Eqs. (1) and (3), or by comparing them to the two markers that were imaged in 
vivo. 

The method we have presented in this study can be used as a sequence-
independent measure to compare all fiducial markers that have a T2* based visibility. 

Figure 4.4. (a): The volume of affected ∆B0 (a measure for the potential size of the artifact) plotted against 
the volume of low T2* (a measure for the potential size of the signal voids). (b): the maximum difference in 
∆B0 (a measure for the potential magnitude of the artifact) plotted against T2* relative to the background 
(a measure for the potential magnitude of the signal voids). On the right axis, the ∆maxB0 is given as the 
frequency difference of the proton spins, ∆maxƒ. Both graphs give values averaged over the two orientations 
and readout directions; a graph with all separate measurements is shown in the supplementary materials. 
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These markers can be characterized by the two measures we introduced for potential 
visibility (volumes of low T2* and frac∆T2*,max) and the two measures we introduced for 
potential level of the artifact (volume of high |∆B0| and ∆maxB0). The T2*-maps and 
∆B0-maps can also be useful as a sequence-independent tool to assess the potential 
visibility and the potential to generate image distortions for other forms of implants.

Besides B0 and T2*, there are additional effects that can cause artifacts or 
marker visibility. First of all, the markers contain no hydrogen atoms and therefore 
should generate local signal voids. Considering the largest marker in our study, which 
had a diameter of 0.6 mm and a length of 10 mm, and the high resolution at which 
we scanned our phantom, 1.4 × 1.4 × 2.8 mm3, the volume of the entire marker is 
approximately half the volume of a single voxel. In reality, the marker will be spread 
out over multiple voxels and partial volume effects will occur. Therefore, this effect 
is negligible. Second, switching gradients could induce eddy currents in the markers 
and cause local signal voids [25]. Finally, markers may induce RF pulse shielding, 
which can produce artifacts [26-28]. Due to the small size of the markers, both the 
gradient induced eddy current artifacts and the RF shielding artifacts are expected 
to be secondary to the T2* decay effects and B0 effects for clinical MR-sequences 
[18, 25]. We have not seen any evidence of such artifacts during our study and, 
therefore, we believe that measuring the static B0 and T2* is sufficient to describe 
the primary effects of markers on clinical MR-images. Nevertheless, we would like 
to point out that for some image-sequences and/or markers additional artifacts may 
arise through these mechanisms.

Visibility of markers is based on a negative contrast. Hence, in areas where the 
background signal was low, it was harder to detect the markers. This is illustrated 
in the Dixon image of patient 1 (Fig. 4.6 a: Dixon). The marker that was not visible 
on the Dixon image was visible in the SSFP image, due to the different contrasts of 
the image. We therefore believe that it is important that multiple MR-sequences are 
obtained, yielding separate contrasts, when markers detection is desired.

Marker orientation contributes substantially to the markers’ potential visibility 
and its potential to cause artifact: a folded marker configuration is preferable when 
visibility has priority and a stretched configuration is preferable when undisturbed 
DW-imaging is desired. However, in a clinical situation, it can be hard to ensure a 
specific marker orientation when implanting. In our experience, Gold Anchor markers 
tend to fold during implantation.

One of the limitations of our study is that we only focused on 3 T MRI [9, 10]. 
Currently, MRI of the pancreas is done mainly on 1.5 and 3 T systems. However, 3 T 
offers a superior signal-to-noise ratio when compared to 1.5 T and will most probably 
become the system of choice for pancreatic MRI in the future [29, 30]. Therefore,  
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Figure 4.5. Images of the same markers as in Fig. 4.1 (left to right), obtained using different MRI protocols 
(top to bottom). The B0-field direction was in the plane of the images (arrow). The MR-images were acquired 
with markers perpendicular (left) and aligned (right) with respect to the B0-field (arrow). The SSFP image 
shows the 3rd echo. The DW-images had a diffusion weighting of 0 mm-2s. 
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Figure 4.6. CT, CBCT, and MR-images of markers in two patients. (a): Patient 1 with two markers 2 and one 
marker 5. (b): Patient 2 had three markers 5 of which only one is visible on these CT and CBCT slices. The spot 
is a duct, not a marker. (c): MR-images of the same markers in the phantom using the same magnification 
as for the in vivo images.

this study focussed on 3 T MRI. Generally, signal shifts and signal voids increase 
with magnetic field strength. It was shown for comparable gold fiducial markers that 
visibility and artifact size indeed increased with higher field strength [14, 16].

In addition, our study included only four patients; however, in our phantom study, 
we were able to characterize many markers in a controlled environment. The limited 
patient data enabled us to show that markers had the same properties in vivo. 

Another limitation is that the chosen cut-off values for volume of low T2* and 
volume of large |∆B0| have no clinical basis. Choosing different cut-off values may 
change the volumes. However, in a range of half the cutoff value up to two times the 
cutoff value, both for T2* and |∆B0| maximum 1 shift was observed in the ranking of the 
markers. Also, in order to estimate the maximum effect of a marker on T2* and ∆B0, 
we chose to use three and six voxels to calculate frac∆T2*,max and ∆maxB0, respectively. 
Selecting more voxels will decrease the values of ∆B0 and frac∆T2*,max. However, in 
our data, increasing the number of voxels selected to 6 and 12 only decreased the 
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values of frac∆T2*,max and ∆maxB0 on average by 6% and 13%, respectively. In addition, a 
maximum shift of 1 rank was observed in the ranking of the markers.

Even though T2* has been used with the assumption that it is independent of 
MR-settings, there are some restrictions to this assumption. The phantom findings 
were obtained at a T2*background of 43.3–47.0 ms. It is unclear how our T2*-maps in the 
presence of markers translate to regions where the initial T2* is different. However, 
pancreatic tissue has a T2* value of 41.5 ms (standard deviation 7.4 ms) and therefore, 
our data are well applicable to the pancreas [31]. In addition, T2* depends on the 
changes in B0 within the voxel. When using markers, B0 changes over distances 
comparable to the voxel size (Fig. 4.1), and T2* therefore depends on voxel size. 
However, we expect this effect to be similar for all markers and therefore, the ranking 
of the volume of low T2* and the ranking of frac∆T2*,max will not change.

The correlation between the potential visibility and the potential artifacts is 
explained by the fact that both are produced by local changes in B0. A non-gold 
fiducial marker, especially manufactured for CT, CBCT, and MRI purposes, such as 
hydrogel [32], may offer visibility through a different mechanism and overcome this 
correlation.

Visibility and artifact sizes depend on the sequence parameters and can therefore 
be optimized by changing sequence parameters. For example, according to Eq. 4.3 
lower BWs correspond to larger signal shifts and thus larger artifacts. The BW can thus 
be increased to obtain DW-images with smaller artifacts. However, increase in BW is 
limited when using single shot EPI read-outs, as done in most clinical DWI. Therefore, 
other ways of increasing the BW can be used, such as the multi-shot EPI or diffusion 
prepared non EPI sequences [33, 34]. However, such sequences are challenging to 
implement in the abdominal region. Also, sequences and reconstruction methods 
have been developed that specialize on visualizing and locating markers, such as the 
3D center-out radial sampling with off-resonance reception imaging technique [35]. 
Likewise, these sequences are challenging to implement in the abdominal region. 
Ultimately, the optimal method for visualizing the markers and reducing the size of 
the artifact they cause will depend on the application. In the end, all the methods 
described above are based on the fact that the markers modify T2* and B0. We, 
therefore, focussed on the potential of a marker to be visible and to cause artifacts 
irrespective of the MR-sequence.

With exception of the markers containing iron, visibility and artifacts increase 
with marker size. Visibility and artifacts occur due to the differences in the magnetic 
susceptibility, χ, of gold (χ = -34 × 10-6) and tissue (χ ranges from -11 × 10-6 to 
-7 × 10-6), which are both diamagnetic [17]. Larger markers have more gold and thus 
have a larger effect on the magnetic field, making them better visible and creating 
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more artifacts. These findings decide with the findings of Chan et al. and the fact that 
markers with ∅ > 1 mm can be detected on MR-images [11-14].

However, the markers that contained iron behaved differently; they were the 
smallest markers in this study, but had the best visibility and the largest artifacts. Iron 
is ferromagnetic (χ = 2 × 105) and therefore, iron affects B0 more than gold [17]. It is 
interesting to note that, in our data, the markers containing iron produced a region 
of low B0 surrounded by high B0, whereas this was the opposite for the non-iron 
markers (Fig. 4.1).

Therefore, if visibility is desired, we recommend using marker 2, for which we 
show in vivo visibility (Fig. 4.6). If other markers, with lower volumes of T2* and lower 
frac∆T2*,max are chosen, they may become indiscernible in vivo. At what value of T2* 
and frac∆T2*,max markers become indiscernible, ultimately depends on the sequence 
parameter settings, as discussed above.

When using DWIlow BW, marker 2 induced an artifact with a diameter of ~20 mm in 
the phantom. Changing to DWIhigh BW only reduced the artifact extent to a diameter of 
~15 mm. Usually, three markers are implanted in pancreatic tumors. Considering the 
size of these tumors (31 mm on average) [4], a fair amount of the tumor may contain 
unreliable information in DW-images.

The artifacts due to the markers were not distinguishable from anatomical 
features in the patient DW-images (Fig. 4.6). However, the phantom study showed 
that marker 2 disrupted the magnetic field in the surrounding volume (Fig. 4.1) which 
caused artifacts in the form of signal shifts in the DW-images (Fig. 4.5). We therefore 
believe that the in vivo data also contain shifted signal in a similar sized volume 
around a marker.

For the reasons mentioned above, we believe that if DWI is desired close to 
markers, a marker must be selected that gives minimal changes in B0. We recommend 
selecting one of the markers with low maximum shifts and small volume of affected 
B0, such as marker 3 or 5. For a typical clinical DWI measurement (BW = 17.5 Hz, 
2 × 2 mm2 voxels), markers 3 and 5 show shifts < 0.7 mm and show no abnormalities 
in our phantom measurements (Fig. 4.5). Therefore, we believe that DWI data close to 
these markers can be trusted (keeping in mind that data may be shifted up to 0.7 mm). 
Unfortunately, these markers were not visible in MR-images. When a different marker 
is selected, larger deformations of up to 9.8 mm for marker 2 may occur close to the 
marker in DW-images, preventing accurate tumor delineation.

As a result of this work, it is now possible to either select markers that are visible 
on MRI and allow for MRI-CT/MRI-CBCT image alignment, or to select markers that 
allow for DWI, which can improve tumour delineation, but lack visibility. The visible 
markers can lead to better patient alignment [1] whereas the non-artifact markers 
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lead to better tumour delineation [9, 10]. In both cases, the markers can potentially 
help to prevent unnecessary dose to surrounding organs at risk or an underdosage of 
the target. However, the improvement in clinical outcome has not been quantified yet.

Conclusion
Changes in T2* and ∆B0 are sequence-independent measures for visibility and 
artifact size of markers in MRI. There was no ideal marker in our sample that is visible 
without showing artifacts on DW-images. Therefore, when DWI or other forms of 
artifact sensitive sequences are desired, ironless markers with small diameter and 
in an extended configuration are preferable (markers 3 or 5). When marker detection 
is desired, markers that contain iron and in a folded configuration (marker 2) are 
preferred, but this choice can make DWI unreliable close to the marker.
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Supplementary Materials
Figure 4.A. shows the data from both read-out directions and both orientations of the 
marker, which is the data that Fig. 4.4 is based on. 

Figure 4.A. (a): Plot of the volume with signal shifts plotted against the volume with signal voids. (b): Plot of 
magnitude of the signal shifts against the magnitude of the signal voids. Arrows pointing upward indicate 
markers parallel to the B0 field, arrows pointing to the right indicate markers perpendicular to B0 and circles 
indicate markers with a folded configuration. Note that for marker 7 the data obtained with the FH read-out 
was excluded from the analyses, as described in the Results.
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Table 4.A shows the calculated maximum distances voxels could theoretically shift 
with respect to each other, given the measured ∆maxB0, for both diffusion protocols.

Table 4.A. The calculated maximum shifts for the ten investigated markers.

Marker # Shift DWIlow BW [mm] Shift DWIhigh BW [mm]

1 5.0 2.2

2 9.8 4.4

3 0.7 0.3

4 1.8 0.8

5 0.6 0.3

6 1.7 0.7

7 3.3 1.5

8 3.0 1.3

9 6.0 2.7

10 2.6 1.2
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Abstract
Purpose: Biliary stents may cause susceptibility artifacts, gradient-induced artifacts 
and radio frequency (RF) induced artifacts on magnetic resonance images, which 
can hinder accurate target volume delineation in radiotherapy. In this study, we 
investigated and quantified the magnitude of these artifacts for stents of different 
materials.
Methods: Eight biliary stents made of nitinol, platinum-cored nitinol, stainless steel 
or polyethylene from seven vendors, with different lengths (57–98 mm) and diameters 
(3.0–11.7 mm) were placed in a phantom. To quantify the susceptibility artifacts 
sequence-independently, ∆B0-maps and T2*-maps were acquired at 1.5 and 3 T. 
To study the effect of the gradient-induced artifacts at 3 T, signal decay in images 
obtained with maximum readout gradient-induced artifacts was compared to signal 
decay in reference scans. To quantify the RF induced artifacts at 3 T, B1-maps were 
acquired. Finally, ∆B0-maps and T2*-maps were acquired at 3 T of two pancreatic 
cancer patients who had received platinum-cored nitinol biliary stents.
Results: Outside the stent, susceptibility artifacts dominated the other artifacts. The 
stainless steel stent produced the largest susceptibility artifacts. The other stents 
caused decreased T2* up to 5.1 mm (1.5 T) and 8.5 mm (3 T) from the edge of the 
stent. For sequences with a higher bandwidth per voxel (1.5 T: BWvox > 275 Hz/voxel; 
3 T: BWvox > 500 Hz/voxel), the B0-related susceptibility artifacts were negligible 
(< 0.2 voxels). The polyethylene stent showed no artifacts. In vivo, the changes in B0 
and T2* induced by the stent were larger than typical variations in B0 and T2* induced 
by anatomy when the stent was at an angle of 30° with the main magnetic field.
Conclusions: Susceptibility artifacts were dominating over the other artifacts. The 
magnitudes of the susceptibility artifacts were determined sequence-independently. 
This method allows to include additional safety margins that ensure target irradiation.
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Introduction
Magnetic resonance imaging (MRI) is increasingly used for radiotherapy planning as, 
for some tumor sites, it has been shown to improve the accuracy of tumor delineation 
due to its high soft tissue contrast compared to CT [1-3]. Also, considering recent 
developments in magnetic resonance (MR) guided radiotherapy systems, MRI can now 
be used for daily patient position verification and monitoring of tumor position during 
irradiation [4, 5]. In recent years, diffusion-weighted MRI (DWI) is gaining attention as it 
enables tumor detection, tumor characterization, and treatment response monitoring 
[6-10]. However, a major drawback of DWI is that the images are prone to artifacts 
[11].

Radiation treatment planning of pancreatic cancer patients may especially 
benefit from the increased tumor visibility and healthy tissue contrast on MRI as 
tumor delineation on CT, which is the current standard, is extremely challenging 
[12-14]. However, many pancreatic cancer patients receive implants that may cause 
artifacts on MR-images. For example, at our institute, all pancreatic cancer patients 
scheduled for radiotherapy receive intratumoral gold fiducials to guide and improve 
cone-beam CT-based patient setup [15-17]. These fiducials can cause considerable 
artifacts, depending on the specific fiducial and MRI settings used [18]. In addition, 
50%–70% of these patients suffer from jaundice at the time of diagnosis [19, 20]. To 
relieve jaundice, these patients receive a biliary stent before the start of radiotherapy. 
These stents are known to cause artifacts [21, 22], such as susceptibility artifacts 
[23], gradient-induced artifacts [24, 25] and radio frequency (RF)-induced artifacts 
(also known as RF-shielding) [26-29]. As the stent is placed in the vicinity of the tumor 
[30], MRI artifacts caused by these stents may hinder tumor delineation. 

For radiotherapy treatment planning, accurate target delineation is required. As 
the accuracy of delineation may be affected by imaging artifacts, one would like to 
know the potential magnitude and size of artifacts induced by a stent. Uncertainties 
in tumor extent caused by artifacts can then be taken into account as an additional 
factor among the other uncertainties in the definition of treatment field safety 
margins, to ensure irradiation of the target. Hence, uncertainties in delineation due 
to MRI artifacts must be quantified as a function of distance from the stent. Such a 
measure is not described in the current literature.

Therefore, the goal of this study was to investigate and quantify the severity of 
image artifacts as a function of distance from the stent for any sequence, for eight 
different clinically used biliary stents.
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Materials and Methods
MR images were acquired with an Ingenia 3 T scanner (Philips Healthcare, Best, 
the Netherlands), using a 16-channel phased array anterior coil and a 10-channel 
phased array posterior coil, as well as with an Achieva 1.5 T scanner (Philips Health-
Care, Best, the Netherlands), using an 8-channel phased array anterior coil and an 
8-channel phased array posterior coil. Since artifact size and magnitude grow with 
magnetic field strength, the most prominent artifacts, the susceptibility artifacts, 
were also studied at 1.5 T.

As the orientation of the stents relative to the magnetic field influences the 
behavior of MRI artifacts, all phantom measurements were repeated with the stents 
in two different orientations: one orientation with the central axis parallel to the main 
magnetic field (within 5°) and one with the central axis perpendicular to the main 
magnetic field (within 5°). From here onwards, these orientations will be referred 
to as parallel orientation and perpendicular orientation, respectively (Fig. 5.1). A 
researcher aligned the stent manually and checked the alignment on a high band-
width (1602 Hz/voxel, thus negligible deformation) steady-state free precession 
(SSFP) image with Dixon reconstruction. This procedure was repeated iteratively until 
the stent was aligned at a 5° accuracy. Note that in vivo, the orientation of the stent 
cannot be changed.

Unless mentioned otherwise, data were analyzed in MATLAB 2014b (Math-Works, 
Natick, USA). Plots were produced in Prism 5 (GraphPad Software, La Jolla, CA). MR 
images used in figures were exported from MATLAB and ITK-snap 2.2.0 [31].

We investigated three types of artifacts: susceptibility artifacts, gradient-induced 
artifacts and RF-induced artifacts (Table 5.1), which are discussed in detail in Sec. I of 
the supplementary materials [32]. 

Phantom study
We selected eight stents consisting of various materials and from seven vendors (Table 
5.2, Fig. 5.1). To guide stent placement, five of these stents contained radiopaque 
markers at their tips that are clearly visible on a radiograph (Fig. 5.1). The magnetic 
susceptibilities (χ, also known as volume susceptibility) of the stent materials were χ 
= 245 × 10-6 (nitinol), χ = 279 × 10-6 (platinum), χ = 3520–6700 × 10-6 (stainless steel) 
and χ = 1.86 × 10-6 (polyethylene) [23, 33]. Susceptibility artifacts are expected to be 
more pronounced for larger differences in χ between stent and tissue (χ = -11·10-6 
to -7·10-6) [23]. Some stents were covered with a silicone layer. Silicone has χ = -4.2 
× 10-6 and the effect on susceptibility from the silicone layer is thus inferior to the 
effects from the metal stent [23]. The electrical resistivities were ρ = 76 × 10-6 Ω cm 
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(nitinol), ρ = 11 × 10-6 Ω cm (platinum), ρ = 72 × 10-6 Ω cm (stainless steel) and ρ 
> 1 × 1015 Ω cm (polyethylene) [34-37]. Stents from more conducting materials are 
expected to cause larger gradient-induced and RF-induced artifacts.

Agar is often used as phantom material [38-40] as it allows studying isolated 
effects from implants in a gel with tissue-like properties [41, 42]. Therefore, we 
prepared eight jars (radius = 105 mm, height = 205 mm) filled with agar gel containing 
a fully expanded stent at their center. The agar gel mimicked tissue-like properties. 
We achieved this by mixing 1.3 g NaCl, 120 µmol Gadovist, 35 g agar and 1.5 g 
sodium benzoate, per liter demi-water [41, 42]. The agar gel had a T1 = 851 ms (range 
784–1065 ms) and T2 = 41 ms (range 38–45 ms) at 3 T, which is in the range of liver 
and pancreatic tissue relaxation properties [43]. First, the jar was half filled with agar 
gel. Then, we used an extension clamp to hold the stent partially submerged while the 
gel was setting. Once set, the extension clamp was removed, the orientation of the 
stent was marked on the edge of the phantom, and the jar was filled with agar gel. We 
scanned one jar at a time. To reduce field inhomogeneities at the edge of the jar, the 
jar was placed on a holder at the center of a large water-filled container (40 × 30 cm2).

Table 5.1. The assessed artifacts with their source, effects and the performed measurement used to 
evaluate them.

Artifact Source Effects Measurement

Susceptibility  
artifacts [23]

Difference in magnetic  
susceptibility between  
stent and its surroundings 
locally alter B0.

Signal shifts and 
hypointense regions.

ΔB0-maps and T2 *-maps.

Gradient-induced 
artifact [24, 25]

The onset of the frequency 
encoding gradient induces 
an eddy current in the stent, 
which alters the local B0 for 
a brief period.

Hypointense regions. Two images of the stent  
positioned off-center 
acquired with a read-out  
direction that (1) induced 
eddy currents and (2) 
minimized eddy currents.

RF-induced  
artifact [26–28]

RF-pulses cause an eddy 
current in the stent that 
changes the B1 field close  
to the stent.

Altered flip angle around  
the stent.

B1-maps.

Susceptibility artifacts
As we described earlier [18, 44], direct imaging of the local change in B0 (∆B0) and T2* 
properties around the stent is a sequence-independent measure for the suceptibility 
artifacts. Therefore, we acquired a single eight echo T1-weighted SSFP image (Table 
5.3) with the stent at the center of the bore. From the magnitude and phase data, we  
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Table 5.2. Stents tested.

Manufacturer Stent  
material

Marker  
material

Length 
(mm)

Diameter  
(center/tip, 
mm)

Covered 
stenta

1: X-suit NIR Medinol (Tel Aviv, Israel) Nitinolb Tantalum 77 9.3/10.7 Yes

2: S.M.A.R.T. 
CONTROL

Cordis Corporation 
(Fremont, USA)

Nitinolb Tantalum 62 9.2/9.7 No

3: Zilver 635  
Biliary Stent

Cook Medical 
(Bloomington, USA)

Nitinolb Gold 81 10.3 No

4: SX-ELLA Stent 
Biliary – Nitinella 
Plus

ELLA-CS (Hradec Kralove, 
Czech Republic)

Nitinolb Platinum 
-iridium

82 9.5 No

5: WallFlex Biliary 
RX Stent

Boston Scientific 
(Marlborough, USA)

Platinum- 
cored nitinolc

n.a. 98 9.9/11.7 No

6: Evolution  
Biliary stent 

Cook medical 
(Bloomington, USA)

Platinum- 
cored nitinolc

n.a. 62 10.0/10.9 Yes

7: Visi-Pro Covidien (Plymouth, USA) Stainless 
steel

Tantalum 57 8.5 No

8: PE-stent ENDO-FLEX GmbH 
(Voerde, Germany)

Poly-ethylene n.a. 71 3.0 n.a.

Note: The columns Length and Diameter give the measured length and diameter of the expanded stent. 
When the stents were broader at the tips than in the center (Fig. 5.1) both stent diameters are given.
a Covered with a silicone layer.
b Nitinol is an alloy of nickel and titanium.
c Platinum-cored nitinol consists of a platinum core with a nitinol coating.

Figure 5.1. Composition photograph (left) and radiograph (right) of the stents. Weaving differed between 
stents. The radiopaque markers can be seen in the radiographs as dark spots at the tips of stents #1–4 
and #7. The 120 kV radiographs were obtained using the flat-panel from an Elekta cone beam CT (Elekta 
Oncology systems, Crawley, UK). The different directions of B0 with respect to the stents are also illustrated.
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produced a T2*-map and a ∆B0-map, showing per voxel local T2* and local change 
in ∆B0, respectively. Maps were produced using MATLAB 2014b for the T2*-maps 
and DTITools for Mathematica [45], Mathematica 10.3 (Wolfram Research, Inc., 
Oxfordshire, UK) for the ∆B0-maps.

The ∆B0-maps contained effects from the stent as well as background variations 
in ∆B0. To remove the low-frequency background variations, we subtracted a low-
pass filtered version of the ∆B0-map from the original ∆B0-map. This technique is 
discussed in more detail in Sec II of the supplementary materials [32]. To improve the 
signal-to-noise ratio, we averaged the ∆B0 or T2* values from a 9–60 mm broad region 
along the length of the stent (depending on the size of the region where the effects 
of the stent were homogeneous, mean 36 mm). This averaged value was plotted as a 
function of distance from the stent edge (Sec. II of the supplementary material [32] 
Fig. 5.B shows an example). Data from this region were especially interesting as the 
tumor is likely to be located here. The position of the edge of the stent was determined 
visually, under the guidance of the magnitude image of the SSFP and a reference 
Dixon scan and the diameter was compared to the measured diameter (Table 5.2) as 
quality control. The position of the edge of the stent was always set at a voxel location 
and, hence, the maximum error was ±0.5 voxel. The standard deviation of B0 or T2* 
values from a homogeneous region was taken as an estimate of the precision.

As the susceptibility artifacts depend on field strength, we repeated the 
measurements, at 1.5 T, for which we used a similar sequence to the scans done at 
3 T (Table 5.3).

To illustrate the effect of orientation on the susceptibility artifacts on a typical 
stent, we also acquired SSFP images with the stent’s central axis at nine different 
angles (0°–90°) on the main magnetic field for a typical stent (stent #6) at 3 T.

Gradient-induced artifacts
To assess the effect of the gradient-induced artifacts, we also acquired SSFP 
images with the stent 13.2±2.0 (mean±standard deviation) cm off-center in the foot–
head (FH) direction. In our SSFP sequence, the read-out gradient should induce 
the largest artifact, as its slew rate (96 mT/m/ms) and gradient strength (21 mT/m) 
were higher than for the slice-selecting gradient (slew rate = 25 mT/m/ms; gradient 
strength = 2.8 mT/m). The eddy currents from phase encoding, slice encoding and 
diffusion weighting (independent of b-value) gradients are in opposite direction for the 
ramp-up and ramp-down of the gradient and, hence, their effect is canceled out at the 
time of signal acquisition [24]. Therefore, acquisitions were done with two different 
frequency encoding directions: a reference scan with the encoding in the right–left 
(RL) direction, which does not allow for switching frequency encoding gradients to 
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Table 5.3. MRI sequence acquisition parameters. 

Phantom Clinical protocol

3 T 1.5 T 3 T

SSFP (ΔB0 
and T2*)

DREAM (B1) SSFP (ΔB0 
and T2*)

Dixon SSFP DWI

Dimensions 3D 2D 3D 3D 3D 2D

FOV (mm3) 407 × 407 
× 94

300 × 246  
× 148

407 × 407 
× 94

400 × 350  
× 95 (RL × AP 
× FH)

400 × 350  
× 95 (RL × AP 
× FH)

430 × 110  
× 70 (RL × AP 
× FH)

Resolution (mm2) 1.7 × 1.7 2.7 × 2.7 1.7 × 1.7 1.7 × 1.7 2.3 × 2.3 3.0 × 3.0

Slice thickness (mm) 1.7 5a 1.7 1.7 4.6 3.7

TR/TE/∆TE (ms) 20/2.3/2.3 5/1.6/0.7 25/4.6/4.6 4.7/1.15/1.0 20/2.3/2.3 4000/45/—

Parallel imaging 2 — 2 2/1.5 (AP/FH) 2/1.5 (AP/FH) 1.7

Half Fourier — — — — — 0.8

Flip angle (°) 12 10 21 8 12 90

BWvox (Hz/voxel) 1488 2565 1425 1602 1973 58.8

Scan time (s) 63 50 163 20 23 148

Respiratory  
compensation

— — — Breath hold Breath hold Navigator 
triggered 

Abbreviations: SSFP, steady state free precession; DWI, diffusion-weighted imaging; FOV, field of view;  
TR, repetition time; TE, echo time; ΔTE, increase in TE; RL, right–left; AP, anterior–posterior; FH, foot–head; 
BWvox, bandwidth per voxel.
a with 0.5 mm slice gap

produce eddy currents, and an acquisition with the frequency encoding gradient in 
the FH direction, which should maximize eddy currents in the stent. If eddy currents 
in the stent have any effect on the image, the signal intensity close to the stent is 
expected to decrease for the second acquisition compared to the reference scan. 

To assess the additional contribution of eddy currents to the signal decay around 
the stent, we compared the signal decays that occurred around the stent for the 
acquisition that maximized eddy currents, to the signal decay in the reference scan. 
As MR-signals have no absolute units, signal decay was normalized to the background 
signal and thus defined as the ratio between the signal from a ROI around the stent 
and a ROI containing only background signal. The ratio of the signal intensities should 
be higher in the reference scan if the gradient-induced artifact had any meaningful 
contribution.
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RF-induced artifacts
To assess the effect on B1 homogeneity due to the RF-induced artifact, we placed 
the stent at the center of the bore and obtained B1-maps with the DREAM sequence 
(Table 5.3) [46]. The background effect, induced by the phantom, was filtered out of 
the B1-map using a similar method as for the ∆B0-map. After filtering we added a 
flip angle of 100% to each voxel again, to study the impact of the stent on a perfect 
situation of flip angle = 100%. After filtering, similar plots were made as for T2* and 
∆B0, taking the mean value from a 14–59 mm broad region (mean 37 mm) along the 
length of the stent.

Clinical sequences
To show the effect of the artifacts on clinical sequences, we acquired a DWI image, 
which is sensitive to artifacts. The DWI images were acquired at b = 0 and 600 mm-2s. 
We also acquired images using a sequence that is known to be more robust to 
susceptibility artifacts, the three echo T1-weighted SSFP sequence. For this scan, we 
used the vendor supplied Dixon reconstruction without T2* correction (Table 5.3, 
clinical protocol). All images were obtained using the geometric distortion correction 
package provided by the vendor, which is on by default.

Patient study
To assess stents in a more clinical situation in which stents may be deformed and 
contain air, we selected six patients that received metallic biliary stents as part of our 
standard clinical procedure and from whom MRI data were obtained. All patients had 
given written informed consent for the additional MRI. They were scanned as part of 
ongoing studies (NCT01989000, NCT01995240), which were approved by the ethics 
committee of our institute.

Patients were positioned in the scanner according to standard clinical protocol. 
Therefore, the stent orientation and position were typical for clinical situations, 
meaning that the stent was not necessarily aligned with the main magnetic field 
or at the center of the MRI bore. Due to limited scan time, we only acquired the 
multiecho SSFP images as they allowed us to investigate the most dominant artifacts. 
The protocols were adapted slightly from the phantom measurements to deal with 
respiratory motion (Table 5.3). Also, we obtained standard clinical images to illustrate 
the effect of stents in vivo in two of these patients (patient 1 and 2). Patient 1 received 
stent #6 and patient 2 received stent #5.

To best represent the possible in vivo variations, we selected four patients 
(patients 3–6) in which the angle between the stent and the main magnetic field varied 
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between 0° (patient 3), 25° (patient 4), 35° (patient 5), and 45° (patient 6). Patient 6 
had air inside the stent. Patient 3 had a stent which was bent throughout the duct, but 
the artifacts caused by the stent were assessed at a location where it had an angle 
of 0°. Patients 4–6 had a large region over which the stent remained straight, making 
a comparison with the phantom more straightforward than for patient 3. Patient 3–5 
received stent #6, whereas patient 6 received stent #1.

The magnitude image of the initial echo of the SSFP-sequence was used to 
determine the angle of the stent with the main magnetic field. Using imageJ [47], the 
images were first resliced such that slices were perpendicular to the stent’s central 
axis. Then, ∆B0 was determined in two perpendicular directions within the slice in a 
similar fashion as in the angle-dependent phantom experiment: the direction parallel 
to the projection of B0 on the slice, and the direction perpendicular to the projection 
of B0 on the slice. To minimize anatomical effects, ∆B0 was determined over multiple 
(4–8, mean 6) slices and averaged. Patient anatomy caused a poor homogeneity in the 
background ∆B0 that did not allow for smoothing, as was done in the phantom data. 
Instead, ∆B0 plots were normalized by subtracting the mean ∆B0 value from 4 to 6 
data points along the plot that were far enough (range: 0.9–2.5 cm) from the stent that 
no effects were visually observed.

Results
Phantom study
Susceptibility artifacts
The obtained ∆B0-maps and T2*-maps of stents #6 (platinum-cored nitinol) and #7 
(stainless steel) are shown in Fig. 5.2. Stent #6 is shown as an example as it was used in 
vivo while stent #7 is shown because it produced the largest artifacts. The maps after 
post-processing are shown for all stents in Sec. III of the supplementary material [32]. 
From these maps, it was clear that the artifacts caused by the stents were dominating 
over the artifacts caused by the radiopaque markers, as no additional contributions 
from these markers were visible. Therefore, no quantitative analysis was done on the 
radiopaque markers. 

Except for the polyethylene stent (stent #8), all stents disrupted B0 and T2* to 
some extent (Fig. 5.3). The size and magnitude of the disruptions corresponded to 
the χ of the stent materials, in which higher χ resulted in larger disruptions in size 
and magnitude. The stainless steel stent (stent #7) showed the largest disruption. 
The stents that were made from platinum-cored nitinol (stent #5 and #6) showed the 
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Figure 5.2. ∆B0-maps (top row), T2*-maps (second row), B1-maps (third row), DWI (b = 0 mm-2s, fourth 
row) and Dixon (bottom row) images of the stent used in vivo (stent #6, left), the stent that showed the 
largest artifacts (stent #7, middle) and the stent that caused the smallest artifact (stent #6, right). Images 
are shown for the aligned and perpendicular orientation, with two views per orientation. The vertical lines, 
in particular visible in the images of stent #8, are a boundary between two agar layers. Maps after post-
processing are shown in Sec. III of the supplementary material [32].

second largest disruptions but had similar artifact sizes as the nitinol stents (stent 
#1–4). Finally, the polyethylene stent (stent #8) showed no disruptions. Note that the 
apparent increase of T2* to values higher than the agar gel (± 45 ms), was the result 
of Gibbs ringing [48]. These artifacts are inherent to the artificial homogeneity of the 
agar gel. Also, the first data point (distance from stent = 0 mm) contained the stent’s 
edge, and therefore, can be incorrect. The susceptibility artifacts were larger at 3 T 
than at 1.5 T (Figs. 5.3 and 5.4).
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T2* and ΔB0 strongly depended on stent orientation (Fig. 5.3) and increased 
gradually with angle between stent and main magnetic field (Fig. 5.5). T2* and B0 were 
affected most at the edge of the stent when the stent was oriented perpendicular to 
the main magnetic field whereas T2* and B0 were affected most at the tips of the 
stent when the stent was oriented parallel to the main magnetic field (Fig. 5.2)

Gradient-induced artifacts
The signal decay was similar for the images with eddy currents as for the reference 
images (Fig. 5.6). Thus, the gradient-induced artifacts were negligible compared to the 
susceptibility artifacts. 

RF-induced artifacts
Except for stent #7, the effect of the stent on B1 was fairly local and B1 was 80%–110% 
of the desired B1 outside the stent (Fig. 5.7). We focus on B1 as a function of distance 
from the stent, which is not representative for the inside of the stent. Inside the stent 
shielding occurred, which affected B1 more severely (Sec. IV of the supplementary 
material [32]). 

Figure 5.3. Plots of ∆B0 (top) and T2* (bottom) as a function of distance from the stent edge for all stents 
at 3 T. Results are shown for three stent orientations: aligned orientation with plotted line perpendicular 
to the stent (left); perpendicular orientation, plotted line parallel to the main magnetic field (middle); and 
perpendicular orientation with plotted line perpendicular to the main magnetic field (right). Note that the 
axes are split. The maximum error along the x-axis was 0.9 mm, whereas the precision along the y-axis was 
2.1 Hz (range between stents 0.9–3) and 2.4 ms (range 1.3–4). Additional plots are shown in Sec. IV of the 
supplementary material [32].
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Figure 5.4. Plots of ∆B0 (top) and T2* (bottom) as a function of distance from the stent edge for all stents 
at 1.5 T. Results are shown for three stent orientations: aligned orientation with plotted line perpendicular 
to the stent (left); perpendicular orientation, plotted line parallel to the main magnetic field (middle); and 
perpendicular orientation with plotted line perpendicular to the main magnetic field (right). Note that the 
axes are split. The maximum error along the x-axis was 0.9 mm, whereas the precision along the y-axis was 
2.0 Hz (range between stents 1.6–3.5) and 7.8 ms (range 5.1–10). Additional plots are shown in Sec. IV of the 
supplementary material [32].

Clinical sequences
The discussed artifacts were larger in the DWI images than in the Dixon images 
(Fig. 5.2). Also, larger disruptions in the ∆B0-map, T2*-map, and B1-map (stent #7 
compared to stent #6) corresponded to larger artifacts in the clinical image.

Patient study
In vivo, the surrounding tissue was less homogeneous compared to the phantom 
(Fig. 5.8), which caused local disturbances in B0 unrelated to the stent. Also, due to 
the curvature of the biliary duct, stents were deformed in vivo. In vivo, stents #5 and 
#6 showed no large artifacts in the Dixon image (Fig. 5.8). Due to the curvature of the 
stent in patient 1, it was possible to show images at a location where the stent was 
parallel to the main magnetic field and at a location where the stent at an angle of 30° 
to the main magnetic field. Upon visual inspection, we noted that the part of the stent 
with an angle of 30° to the main magnetic field showed changes in ∆B0 that were 
larger than normal variations in ∆B0 throughout the patient caused by differences in 
susceptibility between tissues. The parts of the stents with an angle of 0° to the main 



102

CHAPTER 5

magnetic field showed changes in ∆B0 that were smaller than normal variations in 
∆B0 throughout the patient caused by differences in susceptibility between tissues.

Figure 5.5. Plot of ∆B0 (top) and T2* (bottom) as a function of distance from stent #6 at 3 T. Lines are plotted 
for different angles (0°–90°) between stent and main magnetic field. The maximum error along the x-axis 
was 0.9 mm, whereas the precision along the y-axis was 1.4 Hz (range between stents 0.9–1.9) and 2.0 ms 
(range 1.6–2.8).

Figure 5.6. Graph of signal ratios from the ROI containing the stent and the ROI containing background signal 
for the acquisition that maximized readout gradient-induced eddy currents and the reference scan.
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Figure 5.7. Plots of B1 as a function of distance from the stent edge for all stents at 3 T. Results are shown for 
three stent orientations: aligned orientation with plotted line perpendicular to the stent (left), perpendicular 
orientation, plotted line parallel to the main magnetic field (middle) and perpendicular orientation with 
plotted line perpendicular to the main magnetic field (right). The maximum error along the x-axis was 1.4 mm 
in plane and 5.5 in the slice direction, whereas the precision along the y-axis was 2.2% (range between 
stents 1.3–4.1). The analysis was only performed up to a distance at which the B1 was affected by the stent. 
Additional plots are shown in Sec IV of the supplementary material [32].

Figure 5.8. A typical example of Dixon images, DWI images (b = 0 mm-2s), the ADC image, ∆B0-mapsand T2*-
maps of stents #5 and #6 in two patients with pancreatic cancer. The selected slices show the stents under 
0° and (for patient 1) 30° on the main magnetic field. The displayed slices from patient 1 were 15.3 mm apart. 
The white arrows indicate the stent location. 
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The in vivo measurements agreed reasonably well with the phantom 
measurements (Fig. 5.9). Note that the stent in patient 3 was parallel with B0 in the 
central slice we took the data from but was bending from 24° in left–right orientation 
to 34° in anterior–posterior direction in the slices above and below. The reference 
phantom plots are from stent #6, which was the same stent type as used in patient 
3–5. From the patients that received stent #6, none had air in their stent, making 
a direct comparison to the angulated phantom measurements more challenging. 
Patient 6, who had air in the stent, received stent #1.

Figure 5.9. Comparison of four in vivo measurements (dots and triangles) of stent #1 (patient 6), and 
#6 (patient 3–5) and the phantom measurements of stent #6 (lines). The lines represent the phantom 
measurements at a similar angle (data are also shown in Fig. 5.5). ∆B0 is plotted for two perpendicular 
lines: in the direction parallel to the projection of B0 on the slice (circles and dark lines), and the direction 
perpendicular to the projection of B0 (triangles and bright lines). The stent in patient 6 contained air. Error 
bars represent standard deviation over the averaged slices.
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Discussion
In this study, we showed that for the eight biliary stents tested, susceptibility artifacts 
were dominant compared to the gradient-induced artifacts and RF-induced artifacts. 
We are the first to apply a sequence-independent artifact quantification method [18] 
to stents and assess B0 and T2* as a function of distance from the stent at 1.5 T 
as well as 3 T. The produced graphs allow users to calculate the expected artifact 
for any MRI-sequence. Also, we systematically investigated the dependence of the 
susceptibility artifacts on the angle between stent and main magnetic field. Finally, 
similar data acquired in vivo showed that for the tested platinum-cored nitinol stents 
aligned with the main magnetic field, the artifacts remain limited. However, when the 
stent was at an angle of 30° with the main magnetic field, the effects on B0 and 
T2* are larger than the effects of typical anatomical susceptibility changes on B0 
and T2*. The quantification of the artifacts can be used to determine stent- and MRI 
sequence-dependent treatment planning margins for target delineation uncertainties 
in radiotherapy.

Many papers in the literature previously assessed the artifacts caused by 
stents [21, 22, 25, 38, 49-54], of which two focused on biliary stents [21, 22]. Most 
papers focused on artifacts inside stents or in the vessel walls [21, 49-52], which is 
of less importance for radiotherapy. Also, until now, research focused on sequence-
dependent measures [21, 22, 25, 38, 49-54] and thus, the results are only valid for 
the specific sequence settings that were used. In some articles imaging parameters 
were varied slightly, to allow for a broader applicability (e.g. acquisitions at multiple 
echo times [54]). However, in none of the publications the underlying mechanisms 
causing the artifacts were measured, as was done for the susceptibility artifacts in 
this paper. Instead of measurements, Guo and Jiang performed simulations that used 
the underlying mechanism of the susceptibility artifacts and RF-induced artifacts for 
a stent of 40 mm diameter for several sequences [53]. However, these simulations 
focused on distortions inside the stent and the diameter used was larger than in 
biliary stents (~10 mm). Finally, none of the studies [21, 22, 25, 38, 49-54] mentioned 
artifact-sensitive sequences, such as DWI.

Our data show that the stainless steel stent exhibits the largest artifacts, whereas 
the polyethylene stent generates the smallest artifacts. These results are in agreement 
with previous studies [21, 49]. Even though polyethylene stents are preferable when 
considering the MR image quality, metal stents are becoming the gold standard due 
to clinical advantages [55-57].

We focused on a sequence-independent approach to quantify artifacts such that 
the results can be generalized to any MR sequence. However, there is no sequence- 
and situation-independent measure for RF-induced and gradient-induced artifacts. 
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Gradient-induced artifacts depend on the gradient slew rate, the gradient directions, 
and the location of the stent in the scanner. In this study, we placed the stents as 
far from the center of the bore as our setup allowed, to maximize eddy currents 
and hence any gradient-induced artifact. Even at this setting, there was no sign of 
gradient-induced artifacts. Therefore, in less extreme, clinical, situations, we expect 
the susceptibility artifacts to be dominating compared to the gradient-induced 
artifact. These findings are in agreement with previous studies in which gradient-
induced artifacts only occurred in setups that were specially designed to induce 
these artifacts [24, 25]. In addition, the RF-induced artifacts will depend, among other 
factors, on the quality of the B1-shimming (if multitransmit hardware is available) as 
well as the location of the stent compared to the transmit channels. The effect of 
stent position on the RF-induced artifacts was not systematically investigated in this 
research due to the limited option to reproduce or generalize such results. However, 
the RF-induced artifacts were strongest inside the stent, which is of less relevance for 
tumor delineation in radiotherapy. 

The stent-related artifacts we assessed are independent of b-value. However, 
it is known that stent-unrelated eddy currents in the MRI bore can cause b-value 
dependent deformations of DWI images [58]. These deformations are well understood 
and can be corrected for [59]. Furthermore, the measured local B0 inhomogeneity 
causes a local gradient in B0 close to the stent, which alters the b-value from its 
intended value for DWI. The extent of this effect will depend on the specific DWI 
sequence used.

A limitation of our phantom study is that the stents were fully expanded and filled 
with agar gel. In patients, stents were deformed and in one of our examples contained 
air. In fact, MRI data were available for 23 patients that received biliary stents and 
from these stents, four were filled with air and two contained small air bubbles. Such 
deformations and air pockets can influence the artifacts in vivo and will be strongest 
for the B0 inhomogeneity. The agreement of the in vivo results with the phantom 
results in patients 3–5 indicates that deformations had no strong additional effects. 
From the four patients with air in their stent, none had received stent #6. Therefore, 
we displayed a patient with stent #1 who had air in the stent. This stent is expected 
to show smaller artifacts than the stent used as a reference, stent #6 (e.g., Fig. 5.3). 
However, in our in vivo data, we find that the artifacts were of similar magnitude, 
potentially due to the additional effect of air. From this, we conclude that there may 
be some additional effect of air pockets in stents, though this was smaller than the 
effects from the stent itself in our example. As the effect appears to be limited and a 
minority of patients had air in the stent, we did not further characterize the effect of 
air. Whether the small number of patients with air in the stent is representative for the 
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patient group or due to the scans often being obtained after lunch and after drinking 
two cups of pineapple juice is unclear.

In clinical practice, one could acquire a ∆B0-map and T2*-map for each patient to 
assess patient-specific expected deformations, given the MRI sequence that will be 
used. Another limitation is the low resolution used for the B1-maps. Therefore, it was 
often challenging to detect the edge of the stent. However, it is clear that the effect of 
the stent on B1 was small outside the stent.

In addition to image deformation, signal shifts from susceptibility artifacts 
may cause hyperintense and hypointense regions when the signal is piled up due 
to gradients in ∆B0. These regions can lead to misinterpretation of the anatomy. 
Potentially, such a signal pile-up is occurring in both DWI images of patient 1, where 
a hyperintense region arises anterior to the stent. One can predict the expected 
deformations and investigate potential signal pile-up using the ∆B0-map, Eq. 5.1 (Sec. 
I of the supplementary material [32]), and a given bandwidth per voxel (BWvox) [53, 60]. 
This is investigated in more detail in Sec. V of the supplementary material [32].

In this study, no CT images were used as a reference for several reasons. Our in 
vivo MRI images were obtained as part of another study and therefore acquired on 
average two months before the available CT images. In vivo, stents can migrate over 
such time periods [30, 61]. Also, variations in stomach and intestinal filling change 
the shape of the stent between both scans. Therefore, it is not straightforward how 
to relate the findings on CT to our MRI data and the added value of geometrically 
accurate CT imaging may be lost in this situation. When MRI is used solely for the 
purpose of assisting in tumor delineation, it should be obtained directly before or 
after CT to minimize these effects. For phantom measurements, CT images would 
need to be registered to the MR acquisitions using, e.g., markers. As these markers 
would also be susceptible to deformations, there was no strong advantage. Instead, 
high BW (1602 Hz/voxel) MR images, obtained during the same session, were used. 
For the highest observed ∆B0 (100 Hz) in our phantom measurements, excluding  
the results from the stainless steel stent, this BW results in a maximum shift of  
0.06 voxels or 0.1 mm.

From our study, it is clear that for sequences with a higher BWvox (e.g., 
BWvox > 275 Hz/voxel for 1.5 T and BWvox > 500 Hz/voxel for 3 T), the B0-related 
susceptibility artifacts will be negligible for stents #1–6 and #8 (deformations 
< 0.2 voxel; see Fig. 5.4 for 1.5 T and Fig. 5.3 for 3 T and Eq. 5.1 from Sec. I of the 
supplementary material I [32]). When sequences with lower BWvox are desired, such as 
DWI, images from nonpolyethylene stents must be interpreted with caution. For typical 
DWI sequences (BWvox = 20 Hz/voxel, voxel size = 2.5 mm) of stents #1–6, signal shifts 
of up to 1.5 voxels (= 3.75 mm) may occur at a distance of 5 mm from the stent at 3 T. 
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These stents also showed a decreased T2* up to 5.1/8.5 mm (1.5/3 T) from the edge 
of the stent. For the stainless steel stent (#7), the deformations induced at 20 mm 
distance from the stent are 4 voxels for a typical DWI sequence (BWvox = 20 Hz/voxel); 
with a BWvox of 500 Hz/voxel, deformations of up to 0.5 voxels will still occur at 10 mm 
from the stent. Therefore, use of stainless steel stents should be avoided if one is 
interested in reliable MRI data close to the stent. 

For target delineation in radiotherapy, uncertainties caused by image deformations 
can be accounted for by applying local safety margins to ensure irradiation of the 
target volume. Depending on the proximity of the target volume to the stent, the 
margin can be adapted according to calculated signal shifts based on Fig. 5.4 (1.5 T) 
or Fig. 5.3 (3 T) and Eq. 5.1 (Sec. I of the supplementary material [32]). For typical 
DWI sequences (BWvox = 20 Hz/voxel, voxel size = 2.5 mm), and stents included in 
this research other than the stainless steel stent, signal will shift at most 2.75 voxels 
(= 6.9 mm), considering a maximum |∆B0| < 55 Hz at the stent edge at 1.5 T and 
5 voxels (= 12.5 mm) considering a maximum |∆B0| < 100 Hz at 3 T. Ultimately, the 
extra margins can decrease with distance from the stent. When determining these 
margins, one could include the (sequence specific) direction of expected signal shifts. 
In the case a ∆B0-map is acquired in vivo, the shift magnitude could be derived directly 
from those images instead. As the delineation uncertainty (e.g., due to interobserver 
variation) on MRI has not been quantified yet, it is unclear how the uncertainty derived 
in this research compares to the other uncertainties and how this will affect the final 
margins.

In addition to delineating tumors, MRI may also help in delineating organs at risk. 
In this case, stents could also cause deformations, especially in the duodenum, which 
is often in close proximity to the stent. Appropriate safety margins, as derived from 
our results, can be applied. However, the duodenum often contains air bubbles, which 
can cause additional B0 inhomogeneities. Furthermore, organs at risk are generally 
best visible on high BW sequences, such as the Dixon and T2W-TSE images, which 
have negligible deformations for the ∆B0s induced by the tested stents.

Conclusion
We showed that, of the different MRI artifacts induced by biliary stents, the 
susceptibility artifacts were dominant over the others. The susceptibility artifacts 
were quantified independently of the sequence as a function of the distance from the 
stent. Our findings will contribute to the determination of uncertainties in radiotherapy 
target delineation, which can be taken into account when establishing safety margins 
to assure target dose coverage.
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Supplementary Materials 
I: Artifacts
Susceptibility artifacts
In susceptibility artifacts, a difference in magnetic susceptibility between tissue and 
stent locally alters B0. Susceptibility artifacts have a two-fold effect on MR image 
quality. Firstly, the signal from voxels with an altered B0 is shifted in the reconstructed 
image. The distance shifted depends on the bandwidth per voxel (BWvox) of the 
sequence, as well as on the change in B0 (ΔB0) induced by the stent. With ΔB0 
expressed in Hz (ΔB0[Hz] = γ[rad/s/T] × ΔB0[T]/2π, with γ the gyromagnetic ratio) the 
signal shift is given by: 

∆ x =  
∆ B0

BWvoxel

	 (5.1)

Secondly, the local change in B0 goes alongside with a local spatial slope in B0. This 
slope in B0 causes intravoxel spin dephasing, which results in a decrease in T2*-
relaxation time in the vicinity of the stent. Therefore, for T2*-weighted sequences, 
implants may cause hypointense regions in which signal is lost. The degree of signal 
loss depends on the ratio of the sequence’s echo time (TE) and T2* value of the tissue:

S(TE) = S(0) e 	 (5.2)

where S(TE) is the signal at TE and S(0) is the signal for TE = 0 ms. 

Gradient-induced artifact
Gradient-induced artifacts are caused by short-lasting eddy currents in the stent 
that occur after sharp gradient switching (typical rise and decay times of 5–200 μs, 
depending on the stent’s conductance [24]). Eddy currents induce local field distortions 
that cause intravoxel spin dephasing. When eddy currents are not balanced at readout, 
the intravoxel spin dephasing causes signal loss close to the stent, similar to the 
effect of T2*-decay [24, 25]. The effect of gradient switching on the B0 around the 
stent increases when the stent is further away from the center of the scanner bore. 
Therefore, gradient-induced artifacts increase when the stent is placed further away 
from the bore center in the direction of the switching gradient. Hence, there is no 
sequence- or location-independent method to quantify these artifacts. 
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RF-induced artifact
RF-induced artifacts result from the RF-pulse that causes eddy currents in the stent. 
These eddy currents induce B1 heterogeneities that oppose the change in B1 inside 
the stent. Therefore, the flip angle is locally altered, resulting in signal variations 
around the stent [29] and hypointensities inside the stent [38, 52-54] on MR images.

II: Post-processing
Our B0-maps and B1-maps had gradients in the background that, especially for B0-
maps, masked the effects of the stents (e.g. Fig. 5.A). To remove these low-frequency 
background variations in the ∆B0-map, we subtracted a low-pass filtered version of 
the ∆B0-map, from the original ∆B0-map (Fig. 5.A). The filter used was a 2D Gaussian 
oriented in a plane perpendicular to the central axis of the stent. The Gaussian had a 
standard deviation (SD) of 8 voxels in both directions, except for stent #7 for which 
SD = 9 voxel was used as the map showed larger artifacts. The filter size was 3 × SD. 
To ensure this filter would not blur out the artifacts induced by the stent, voxels that 
were affected by the stent were masked during the creation of the low-pass filtered 
image (per slice a circular ROI was excluded with radius 4–15 voxels for parallel stent 
orientation and 6–18 voxel for perpendicular stent orientation; the ROI extended well 
beyond the tip of the stents). There was no visible contribution of the stent to the 
background image (e.g. Fig. 5.A). 

For the B1-map, we used a similar approach (Gaussian kernel size: 4 voxels in 
both directions, except for stent #7, which had 9 voxels; radius of excluded volume: 
3–6 voxels, except for stent #7, which had 10–12 voxels). The ∆B0/T2*/B1 along 
several lines were plotted; lines are as indicated in Fig. 5.B.
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Figure 5.A. ∆B0-map before (left panel) and after (right panel) subtracting the background (middle panel), 
which was created by low-pass filtering the ∆B0-map. The region indicated by green rectangle was excluded 
when generating the background image.

Figure 5.B. Lines for which the data were plotted. Note that for the red and yellow line, the data were only 
plotted from the edge of the stent onwards. The dashed lines indicate the length over which the data were 
averaged in the case of the red and yellow lines.

III: Parameter maps
Here we show ∆B0-maps (Fig. 5.C), T2*-maps (Fig. 5.D) and B1-maps (Fig. 5.E) of all 
stents. The ∆B0-map and B1-map shown have the background effects filtered out of 
the image. It is clear that, with exception of stent #7 and #8, the artifacts are of similar 
magnitude. For all stents, the artifacts focus at the end of the stents in the parallel 
orientation, whereas the artifacts focus around the edge of the central part of the 
stent for the perpendicular orientation.
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Figure 5.C. ∆B0-maps of all stents in parallel (left) and perpendicular (right) orientation. Note that a different 
slice orientation is used as in Fig. 5.2, as the represented ∆B0-map slices in Fig. 5.2 were aligned with the 
anatomical slices shown there.
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Figure 5.D. T2*-maps of all stents in parallel (left) and perpendicular (right) orientation. Note that a different 
slice orientation is used as in Fig. 5.2, as the represented T2*-map slices in Fig. 5.2 were aligned with the 
anatomical slices shown there.
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Figure 5.E. B1-maps of all stents in parallel (left) and perpendicular (right) orientation. Note that a different 
slice orientation is used as in Fig. 5.2, as the represented B1-map slices in Fig. 5.2 were aligned with the 
anatomical slices shown there.
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IV: Graphs from the phantom results
Here we show the plots of ∆B0 (Fig. 5.F), T2* (Fig. 5.G) and B1 (Fig. 5.H) as a function 
of distance for several additional lines in the scans. The bottom row of each figure 
shows the values plotted for a single line going through the stent (blue line in Fig. 5.B). 
For treatment planning this is of less interest. Note that for stent #7 the changes in 
∆B0 at some locations changed too rapidly for the dephasing algorithm and, hence, 
∆B0 cannot be trusted inside stent #7. For T2*, Gibbs artifacts inside and outside the 
stent caused the T2* fitting algorithm to fail for the affected voxels, yielding artificially 
high T2* values. The B1 plots show the effect of shielding inside the stent.

Figure 5.F. Plots of ∆B0 as a function of distance along several lines (shown left) for the parallel (left column) 
and perpendicular (right column) orientation. For the line through the stent lumen, all the data have been 
centered around the leftmost tip of the stent to compare the effects of stents with different lengths.
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and perpendicular (right column) orientation. For the line through the stent lumen, all the data have been 
centered around the leftmost tip of the stent to compare the effects of stents with different lengths.

Figure 5.H. Plots of B1 as a function of distance along several lines (shown left) for the parallel (left column) 
and perpendicular (right column) orientation. For the line through the stent lumen, all the data have been 
centered around the leftmost tip of the stent to compare the effects of stents with different lengths.
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V: Simulations
The ∆B0-maps give voxel-wise information of the local change in B0. When 
combined with a sequence BWvox, one can predict signal shifts for that sequence. 
In the discussion, we note that such signal shifts may lead to sequence pile-up that 
can cause misinterpretation of the images. For example, it is unclear whether the 
hyperintense regions above the stent on the DWI images of patient 1 (Fig. 5.8, left and 
middle column) were caused by anatomical structures, or caused by signal shifts. To 
get an impression of the effect of signal shifts, we simulated signal shifts for a given 
BWvox. We implemented this simulation by first interpolating the ∆B0-map to ten times 
higher resolution. Then, two equal sized images were created: image A containing 
ones and image B containing zeros. For each voxel from image A, the signal from its 
location (x,y) is shifted to location (x + Δx,y) in image B, in which Eq. 5.1 determines 
∆x.1, the desired BWvox and the ΔB0 from (x,y) from the high-resolution ΔB0-map. 
Finally, image B was downscaled to the DWI voxel size, in which the voxels from the 
high-resolution image B that fell within one voxel in the simulated DWI image were 
summed to form this low-resolution DWI image. 

The results of these simulations are shown in Fig. 5.I, in which the signal shifts 
visible in the simulated images correspond to the signal shifts shown in the actual DWI 
measurement. Note that in the acquired DW image there is additional signal decay 
inside the stent due to B1-variations and, possibly, T2-decay that are not taken along.

Figure 5.I. Comparison of the artifacts in DWI images (b = 0 mm-2s, top row) and the simulated artifact from 
the ∆B0-map data using the BWvox from the DWI image (bottom row) for stent #6 and stent #7.

For the patients a similar analysis was done on the B0-map. Note that in the 
patient, the homogenous background of ones does not represent patient anatomy. In 
this case, the simulation can only used to get an impression of the locations at which 
signal pile-up may occur. In Fig. 5.J one may appreciate the signal pile-up visible in 
the simulated image from the central column, which indicates that the hyperintense 
region in the DWI image (partially) is due to an image artifact. In the left and right 
column little to no hyperintense and hypointense regions are formed and hence the 
DWI images can be trusted in these cases.
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Figure 5.J. Comparison of the DWI images (b = 0 mm-2s, middle row) and the simulated artifact from the 
∆B0-map data using the BWvox from the DWI image (bottom row). The Dixon images (top row) were added 
as a reference. 
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Abstract
Objective: The aim was to investigate the value of optimized 3-dimensional 
alternating repetition time balanced steady-state free precession (ATR-SSFP), as an 
alternative to conventional segmented balanced steady-state free precission (bSSFP) 
with fat suppression prepulse (FS-bSSFP), in single breath-hold abdominal magnetic 
resonance imaging at 3 T. 
Methods: Bloch simulations were performed to determine the optimal flip angle 
(FA = 1–90°) and τ (1–3) with respect to signal-to-noise ratio (SNR) and contrast to 
noise (CNR) between abdominal organs for ATR-SSFP. These were corroborated 
by phantom measurements for different T1/T2 values (5–47) as well as in a healthy 
volunteer. In addition, fat suppression efficiency was studied using phantom and 
volunteer measurements. The effect of resolution on image quality was studied in a 
healthy volunteer. Using the optimal settings, ATR-SSFP images as well as FS-bSSFP 
images were obtained in 15 pancreatic cancer patients. For 10 structures of interest, 
the signal ratio with respect to the pancreas was computed and compared between 
both sequences. Finally, 10 items on image quality (fat suppression, artifacts, and 
sharpness) and tissue conspicuity (ducts, vessels and duodenum) were scored by 2 
abdominal radiologists for both image sequences.
Results: The results of simulations, phantom measurements, and volunteer 
measurements showed that, considering scan time, fat suppression, and clinical 
relevance, the ideal settings for ATR-SSFP were as follows: τ = 3; TR1 = 3.46 milliseconds; 
radiofrequency phase cycling 0°, 180°, 180°, 0° and FA = 13–16° (highest SNR) and 
24–26° (highest CNR). The optimized feasible additional settings implemented for 
patient scans were FA = 18° and resolution = 1.4 × 1.4 × 1.4 mm3. In patients, the 
signal ratios of both ATR-SSFP and FS-bSSFP were comparable and had a T2-like 
contrast behavior, although more accentuated in ATR-SSFP. The ATR-SSFP scored 
significantly higher than FS-bSSFP for 9 of 10 items scored.
Conclusions: For single breath-hold abdominal imaging at 3 T, ATR-SSFP performs 
best with τ = 3 and a FA between 13° (highest SNR) and 26° (highest CNR). 
The scoring of both abdominal radiologists indicated that, at τ = 3, FA = 18° and 
1.4 × 1.4 × 1.4 mm3 resolution, ATR-SSFP was preferred over conventional FS-bSSFP 
with similar settings.
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Introduction
Balanced steady-state free precession (bSSFP, also known as True FISP, FIESTA, and 
bFFE) sequences have been progressively applied in abdominal imaging, with and 
without fat suppression [1-15]. They belong to the category of fast imaging sequences 
employing steady-state and show a mixed contrast that is weighted on T1/T2. These 
sequences are very attractive for abdominal imaging not only because they can 
acquire an entire 3-dimensional (3D) volume in 1 breath-hold, but also because image 
contrast profits from the broad range of T1/T2 values in the abdomen (eg, 6–31) 
[16]. In addition, bSSFP has the highest signal-to-noise ratio (SNR) among all SSFP 
sequences because it can theoretically provide up to 50% of the maximum possible 
signal and has repetition time (TR) typically smaller than 5 milliseconds. 

Among the classical clinical applications of bSSFP are cine cardiac imaging [10, 
12] and angiography [1, 2, 11, 13]. They both take advantage of the high contrast 
provided by the different T1/T2 of blood and surrounding tissues and benefit from 
the short acquisition times and high SNR associated with bSSFP. In patients with 
Crohn disease, 2D/3D fat-saturated and cine bSSFP have been respectively used for 
improved small bowel wall delineation [3, 4] and to show decreased motility in actively 
inflamed bowel wall segments [5]. More recently, the use of bSSFP sequences, as an 
alternative to heavily T2-weighted single-shot (SS) turbo spin-echo (TSE) sequences, 
was proposed for magnetic resonance cholangiopancreatography (MRCP) [6, 7, 
15]. In addition, as fast sequence, bSSFP is useful for real-time guidance of clinical 
interventions [14]. The contrast in bSSFP images, together with the ability to quickly 
generate 3D volumes, provides a good overview of the liver and pancreas anatomy as 
well as a good visualization of the vascular system. It has also been suggested that 
bSSFP imaging after paramagnetic contrast agent injection has good contrast-to-
noise ratio (CNR) for detection of solid lesions in the upper abdomen [8]. Finally, when 
compared with 2D SS spin echo or 3D TSE, bSSFP is more resistant to the type of 
flow artifacts that occasionally originate pseudofilling defects in SSTSE images. For 
that reason, (3D) high-resolution bSSFP can potentially become a valuable additional 
tool for the visualization of bile and pancreatic ducts and associated pathologies [7]. 
This is especially relevant for the evaluation of the proximity of a tumor mass to blood 
vessels [9], the visualization of small biliary stones or mural nodules in pancreatic 
cystic lesions. 

In many of the aforementioned clinical applications, it is desirable to obtain 
images with fat suppression in order to increase the contrast of the structures of 
interest, avoid black boundary artifacts due to out-of-phase signal in voxels that 
contain both fat and water, or to improve the quality of, for example, multiplanar or 
maximum intensity projection reconstructions. Multiple methods of fat suppression 
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techniques in bSSFP have been suggested [17-23]; however, the choice is often 
the use of selective fat saturation prepulses [24]. The introduction of pre-pulses 
for fat suppression presents several drawbacks. The extra pulses introduce more 
radiofrequency (RF) power deposition, which may constrain the minimum attainable 
scan duration, maximum flip angle (FA) or spatial resolution. In addition, the 
introduction of fat saturation pre-pulses together with the eventual introduction of 
dummy TRs to minimize signal variations due to the interruption of steady-state will 
increase scan time. Finally, the periodic interruption of the steady-state introduces 
variations in the signal that, though minimized by suitable preparation modules [25], 
modulate the k-space and lead to signal blurring.

A promising bSSFP method that has inherent fat suppression is the alternating 
TR balanced steady-state free precession (ATR-SSFP) sequence [26]. In ATR-SSFP, 
the TRs are alternated between TR1 and TR2 while k-space is only acquired during 
TR1. The alternation between different TRs, together with an adjusted RF pulse phase 
cycling, modulates the frequency response function (FRF) and creates broad stop-
bands positioned at certain dephasing angles (β) that (for a given TR) correspond to 
well-defined off-resonance spin frequencies. By choosing appropriate parameters, 
the stop-bands can be used for inherent fat suppression (Fig. 6.1) [26]. Although the 
introduction of an additional TR also implies an increase in total scan time, when 
compared with conventional fat-saturated bSSFP, ATR-SSFP does not require the 
interruption of the steady-state, and, therefore, there is no k-space signal modulation. 

Figure 6.1. Plots of the FRF for bSSFP and 2 of the ATR-SSFP settings that were used in this research. Bloch 
equations were solved numerically using relaxation values of the pancreas at 3 T: T1 = 725 milliseconds and 
T2 = 43 milliseconds [16]. Further settings were B0 = 3.0 T and FA = 20° for ATR-SSFP and FA = 30° for 
bSSFP. Signal intensity has been adjusted for scan time per k-line. Figure 6.1 can be viewed online in color 
at www.investigativeradiology.com.
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Despite these advantages, several limitations associated with ATR-SSFP have 
prevented its use in routine clinical practice. The ATR-SSFP requires twice as much RF 
pulses per k-line when compared with conventional bSSFP without fat suppression, 
which may limit the use of ATR-SSFP for larger FAs, due to specific absorption rate 
(SAR) constraints. Similarly to bSSFP, ATR-SSFP is sensitive to B0 heterogeneities 
that not only result in the appearance of banding artifacts across the image but 
also decrease the efficiency of fat signal suppression. However, the new-generation 
magnets have more homogeneous fields and better shimming tools, which makes B0 
heterogeneity less of an issue nowadays. 

An additional major factor hindering the routine use of ATR-SSFP is the nontriviality 
in adjusting imaging protocol parameters when compared with conventional fat-
suppressed bSSFP with prepulse (FS-bSSFP). In ATR-SSFP, fat suppression is based 
on a precise given combination of TR1, TR2, and RF phase cycling that is field strength 
dependent. Any change in imaging parameters might render this combination invalid 
and greatly affect the sequence performance. Furthermore, for abdominal ATR-SSFP, 
any adjustment in ATR-SSFP imaging parameters should not be detached from the 
fact that the acquisition time is limited to a breath-hold.

So far, data acquisition strategies for ATR-SSFP have been, to a large extent, 
chosen heuristically. The FAs ranged from 15–60° and τ = TR1/TR2 fluctuated between 
1– 3 [3, 10, 19, 22, 26-28]. Studies to determine SNR variation in ATR-SSFP focused 
on relatively small T1/T2 ratios, ranging from 1 to 10 [19, 22, 26]. Simulation [22] 
and phantom results [3] showed that fat suppression efficiency depends on FA and 
τ. However, no thorough research has been done on the optimal ATR-SSFP settings 
for abdominal imaging, and no distinct advantage of ATR-SSFP over FS-bSSFP for 
abdominal imaging has been reported. Therefore, the easier to use FS-bSSFP is 
currently often used.

The goal of this study is to investigate the value of optimized 3D ATR-SSFP, as an 
alternative to conventional FS-bSSFP, in abdominal imaging at 3 T. First, we determine 
the combination of FA and τ that maximizes both signal intensity and contrast using 
Bloch simulations and experimentally confirm these settings with phantom and 
volunteer data. Second, we evaluate the value of the optimized ATR-SSFP sequence 
compared with the conventional FS-bSSFP in patients with pancreatic cancer, and for 
whom ATR-SSFP could be easily added to their routine imaging protocol.
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Methods
Simulations and Phantom measurements
For ATR-SSFP and bSSFP sequences, we ran Bloch simulations using Spin-Bench 
1.3 (www.heartvista.com/SpinBench, Los Altos, CA) to predict signal intensity and 
contrast variation as a function of FA (1–90°) for different values of τ (1–3) and T1/T2 
ratios (3–50) at B0 = 3 T. The simulation settings for ATR-SSFP were: (a) τ = 1, RF 
phase cycling 0°, 180°, 180°, 0° and TR1 = 3.45 milliseconds, β = 540°; (b) τ = 2, RF 
phase cycling 0°, 240°, 180°, 60° and TR1 = 3.07 milliseconds, β = 480°; and (c) τ = 3, 
RF phase cycling 0°, 180°, 180°, 0° and TR1 = 3.46 milliseconds, β = 540°. These 
settings allowed for the dephasing of fat spins to fall into the stop-band, whereas the 
nondephasing water spins fall into a pass-band (Fig. 6.1). For conventional alternating 
phase bSSFP, we set TR = 3.3 milliseconds. The echo time (TE) for (ATR-)bSSFP was 
set to TE = TR(1)/2. 

We calculated the variation of signal contrast between the pancreas, liver, 
spleen, and kidney cortex as a function of FA. For this, various T1/T2 ratios that 
are characteristic of different abdominal organs at 3 T were considered: pancreas, 
T1/T2 = 16.9; liver, T1/T2 = 23.8; spleen T1/T2 = 21.8; and kidney cortex, T1/T2 = 15.0 
[16]. For simplicity, we assumed similar proton density for all organs. To determine 
the FA that maximized signal contrast between the pancreas and other abdominal 
organs, the absolute value of the difference in signal between the pancreas and the 
different organs was calculated as a function of FA.

To experimentally validate the simulation results and to determine the fat 
suppression efficiency of ATR-SSFP as a function of FA and τ, we carried out phantom 
measurements. The phantom, similar to the one used in Coolen et al. [29], consisted of 
15 tubes (∅ = 30 mm, length = 115 mm) that hung in a rack that was inside a container 
filled with water. Thirteen of the tubes contained agarose gels that consisted of a 
mixture of 0–45 g of agarose, 10–500 µmol of GdCl, 30 g of carrageen, 1.48 g of NaCl 
and 3 g of NaN3 per liter of gel [30]. These gels had T1/T2 ratios ranging from 5–47. 
The central tube was filled with peanut oil, which was taken as a surrogate for human 
fat.

All measurements were obtained on an Ingenia 3 T scanner (Philips Healthcare, 
Best, the Netherlands), using a 16-channel phased-array anterior coil and a 10-channel 
phased-array posterior coil. We measured the T1 values of the tubes using the Look-
Locker [31] method and the T2 values with a Carr-Purcell-Meiboom-Gill acquisition 
[32, 33]. 

To partially overcome SAR constraints, a sinc pulse with 1 zero crossing at 
each side was used for magnetization excitation in the phantom and volunteer 
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measurements. In this situation, the largest FA in the ATR-SSFP sequence was still 
limited to FA = 51°, 35°, and 21° for ATR-SSFP with τ = 1, τ = 2, and τ = 3 respectively. 
The 3D scans were acquired with an oversampling factor of 1.6 in the slice direction 
to account for spurious excitations from outside the field of view (FOV) due to the 
imperfect pulse slab profile. 

For the phantom measurements with ATR-SSFP and bSSFP, parameters τ, TR(1), 
TE, and RF phase cycling, values were chosen equal to those used in the simulations. 
Other acquisition parameters for ATR-SSFP (τ = 1, 2, and 3) and bSSFP were as 
follows: FOV = 300 × 200 × 250 mm3, resolution = 2.5 × 2.5 × 2.5 mm3, sagittal slices, 
and parallel imaging (SENSE) factor of 2 in the anterior–posterior (AP) direction. For 
each experimental setting, images were acquired at different excitation FAs (1°, 
maximum possible FA; steps of 2°) within a single dynamic acquisition loop to avoid 
different scaling factors between images. A B1-map was acquired to correct the 
spatial variation of FA values due to imperfections in B1-shimming.

We analyzed the phantom data in Wolfram Mathematica 9.0 (Wolfram Research 
Inc, Oxfordshire, United Kingdom). Per tube, we calculated the mean signal within a 
region of interest (ROI) as a function of FA. The ROIs were cylinders, centered on the 
longitudinal axis of the tube, which spanned 5 slices and had a volume of 2.5 cm3.

Fat suppression efficiency in ATR-SSFP was determined by calculating the ratio 
between the average signal from all ROIs except the one containing peanut oil and the 
signal from the ROI in the tube containing peanut oil. The fat suppression efficiency 
was compared with that of the vendor supplied 3-point Dixon reconstruction that is 
currently used for pancreatic research at our hospital (Table 6.1). 

Table 6.1. In vivo sequence settings.

ATR-SSFP (τ = 3) FS-bSSFP T2W TSE Dixon

FOV, mm2 400 × 272 400 × 272 400 × 369 400 × 350

Resolution, mm2 1.4 × 1.4 1.4 × 1.4 1.3 × 1.6 1.7 × 1.7

Slice thickness, mm 1.4 1.4 2 1.7

slices 64 64 45 53

TR/TE/ΔTE, ms 3.4/1.7/— 2.9/1.5/— 779/80/— 4.4/1.15/0.9

FA/refocussing FA, ° 18/NA 30/NA 90/120 10/NA

SENSE 2.4/1.5 (AP/FH) 2.4/1.5 (AP/FH) 2 (AP) 2/1.5 (LR/AP)

Fat-saturated FRF dependent SPIR SPAIR 3-point Dixon

Abbreviations: ATR-SSFP = alternating repetition time balanced steady-state free precession; 
FS-bSSFP = fat-suppressed bSSFP with prepulse; T2W TSE = T2-weighted turbo spin-echo; FOV = field of view;  
TR = repetition time; TE = echo time; ΔTE = the increase in echo time in the Dixon sequence; FA = flip angle; 
NA = not applicable; AP = anterior–posterior; FH = foot–head; LR = left–right; FRF = frequency response 
function; SPIR = spectral presaturation with inversion recovery prepulse; SPAIR = spectral attenuation 
inversion recovery prepulse.
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In vivo optimization
The optimal ATR-SSFP settings for signal contrast and maximum attainable spatial 
resolution retaining diagnostic value were tested in 2 healthy volunteers (1 male, 
1 female; 22 and 24 years old, respectively) who gave written informed consent. 

Three-dimensional volume images were acquired in healthy volunteer 1 using 
ATR-SSFP and bSSFP at various FAs, and considering different τ values in the case 
of ATR-SSFP. The settings for ATR-SSFP and bSSFP were similar to those used in 
simulations. Further acquisition parameters were as follows: FAs in the range 5–55° 
for τ = 1 and conventional bSSFP, 5–35° for τ = 2, and 5–20° for τ = 3, FAs increased in 
steps of 5°; FOV = 360 × 270 × 90 mm3, resolution = 2.5 × 2.5 × 2.5 mm3, transverse 
slices, partial Fourier factor of 0.8, and no parallel imaging. The scan time was 11.4 
seconds for conventional bSSFP, 15.2 seconds for ATR-SSFP with τ = 2, 3, and 22.7 
seconds for ATR-SSFP with τ = 1. For each τ value, we acquired noise images obtained 
by running the sequence without RF pulses, as well as data corresponding with the 
different FAs within 1 dynamic loop. Each image from the loop was acquired in a 
separate breath-hold.

For data analysis, we selected 1 slice at the center of the imaging volume 
where we chose ROIs that contained homogeneous signal corresponding either with 
pancreas, liver, spleen, kidney, or fat. The ROIs were 1.0 cm2, except for the ROI in fat, 
which was smaller (0.5 cm2). The SNR was calculated as the ratio between the mean 
signal intensity of the anatomical ROI and noise estimation. The noise estimation 
was calculated as the standard deviation of a large (150 cm2) ROI in the noise image, 
divided by 0.66 [34]. 

To determine the highest feasible resolution of a 3D isotropic ATR-SSFP volume 
acquisition within 1 breath-hold (20 seconds), we acquired ATR-SSFP scans at 4 
different resolutions in healthy volunteer 2. To keep acquisition time within 1 breath-
hold, we increased the SENSE factor at higher resolutions. All 4 (I–IV) scans were 
obtained using the ATR-SSFP τ = 3 protocol. Additional scan acquisition parameters 
were as follows: FOV = 400 × 272 × 90 mm3, transverse slice orientation, resolution 
= 2 × 2 × 2(I)/1.7 × 1.7 × 1.7(II)/1.4 × 1.4 × 1.4(III)/1.2 × 1.2 × 1.2(IV) mm3, FA = 20° 
and a SENSE factor of 1.8(I)/2.1(II)/2.4(III)/2.5(IV) in the AP direction, and 1(I)/1.2(II)/ 
1.5(III)/2(IV) in the foot–head direction. An abdominal radiologist (J. Stoker), with 20 
years of experience, qualitatively analyzed the images. In this analysis, the radiologist 
focused on the potential diagnostic value, which was assessed by evaluating the 
following aspects: SNR, the presence of artifacts, and the quality of anatomical details. 
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Patient measurements
For patient data acquisition, using ATR-SSFP with τ = 3, we selected the RF pulse with 
2 zero crossings which allowed a maximum FA of 18°. This FA was still close to the 
optimal FA value that was found from simulations and confirmed in vivo, but the RF 
pulse provided a better slab profile.

To compare the performance of ATR-SSFP with that of FS-bSSFP in a patient 
group, we acquired both scans in 15 patients with pancreatic cancer, undergoing 
different treatments in our hospital and for which both sequences could be added 
to the corresponding imaging protocol. Patients, all of whom gave written informed 
consent, underwent magnetic resonance imaging (MRI) scanning as part of ongoing 
studies (NCT01989000, NCT01995240, NCT02358161), which were all approved by 
the ethics committee of our institute. A subgroup of 9 patients received hyoscine 
bromide (Buscopan, 20 mg intravenous) 1–3 minutes before both the ATR-SSFP and 
FS-bSSFP scans.

Both ATR-SSFP and bSSFP are sensitive to B0 heterogeneities. Therefore, all 
patients drank 2 cups of pineapple juice before the MR session that filled the stomach 
and duodenum and minimized air-tissue boundaries in the FOV. In addition, shimming 
was focused on the pancreas. We made sure to use implants with small impact on the 
B0 homogeneity for the typical metal implants seen in our patient group (biliary stents 
and fiducial gold markers that are used as guidance for radiotherapy) [35]. 

In addition to 3D ATR-SSFP and FS-bSSFP images, we acquired 3D Dixon and 
2D SS T2-weighted (T2W) TSE images as a reference (Table 6.1). The settings for the 
FS-bSSFP were similar to the parameters used typically in abdominal imaging at our 
institute; however, the major parameters (eg, resolution, FOV, SENSE acceleration 
factor) were kept comparable to ATR-SSFP for more direct comparison (Table 5.1). 
The segmented FS-bSSFP acquired 21 k-space lines per segment, with an α/2 pulse 
combined with 5 dummy TRs as a startup for each shot. Due to SAR and timing 
constraints, we chose a FA (30°) that was lower than the simulated optimal values 
considering CNR (42–47°) but similar to the ideal FA considering SNR (23°–29°). The 
FA used for ATR-SSFP was also closer to the FA of simulated maximum SNR than the 
FA of simulated maximum CNR. Shimming was identical for ATR-SSFP and FS-bSSFP. 

A researcher (R. Klaassen) placed ROIs in the pancreas, liver, spleen, kidneys, 
duodenum, pancreatic duct, bile duct, cyst, aorta, inferior vena cava, and fat, provided 
the structures were present and visible. The signal relative to the pancreas was 
calculated as

Srel =  
Sn,tissue

Sn,pamcreas

1

N Σ
N

n=1

	 (6.1)
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where Sn,tissue and Sn,pancreas were the mean signal from the ROI delineating the tissue 
of interest and pancreas of patient n, respectively, and N was the total number of 
patients.

In addition, the image quality of ATR-SSFP and FS-bSSFP images was scored 
by 2 abdominal radiologists (M.R. Engelbrecht and I. Somers, 8 and 1.3 years of 
experience, respectively), separately. The radiologists received Dixon and T2W TSE 
images as reference and were blinded to the sequence they were scoring. Images 
were classified on a scale from 0 (worst) to 4 (best), in which 0 meant the image had 
no clinical value, 2 was clinically acceptable, and 4 corresponded with an extremely 
good image quality. Per patient, both radiologists scored for: fat suppression 
(excluding subcutaneous fat) as well as image sharpness and artifacts (excluding 
failure of fat signal suppression and artifacts in the bowel region, as patients were 
not prepared for bowel MRI). The radiologists were also asked to score the visibility 
and conspicuity of structures of clinical interest, in which scores were as follows:  
0, undetectable; 1, poorly visible; 2, visible, but not delineable; 3, delineable, but 
without details; 4, details are delineable. The selected structures of interest were as 
follows: main pancreatic duct, pancreatic duct side branches, celiac trunk, superior 
mesenteric artery, superior mesenteric vein, duodenum, and gastroduodenal artery. 

The agreement between both radiologists was determined by calculating the 
interclass correlation coefficient (ICC), where an ICC less than 0.4 was considered 
poor, 0.4–0.6 fair, 0.6–0.75 good, and more than 0.75 excellent. After averaging 
the results over both radiologists, we checked for significant (p < 0.05) differences 
between the scoring for ATR-SSFP and FS-bSSFP using a Wilcoxon signed-rank test 
for each item. 

Results
Simulations and Phantom measurements
Results from the simulations and phantom measurements are shown in Fig. 6.2 a-h. 
The FA that allowed highest signal from the liver, kidneys, pancreas, and spleen for 
ATR-SSFP was in the range 16°–20° when τ = 1, 15°–18° when τ = 2, and 13°–16° 
when τ = 3 (results not plotted). This was lower than for conventional bSSFP, where FA 
ranged from 23°–29°. The ratio between maximal signal magnitudes and the square 
root of the scan time per k-line was similar (< 4% difference) for the 3 ATR-SSFP 
scans and the bSSFP scan. Simulations also showed that the FA that allowed for the 
highest contrast between the pancreas and its neighboring organs ranged between 
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30° and 32° when τ = 1, 28°–30° when τ = 2 and 24°–26° when τ = 3 for ATR-SSFP (Fig. 
6.2 d-f), and 42° and 47° for conventional bSSFP (Fig. 6.2 h). For τ = 3, the contrast 
for the liver, spleen, and kidney were optimal at FA = 22°–24°, FA = 22°–25° and 
FA = 24°–26°, respectively (results not shown). Phantom measurements agreed with 
the simulations (Figs. 6.2 a-c and g) for all sequence configurations.

For the phantom measurements, fat suppression efficiency of ATR-SSFP was 
better than that of Dixon reconstructed images for a broad range of FAs (Fig. 6.2 i). 

In vivo optimization
Data from volunteer 1 showed that the SNR was optimal with FA = 10–20° for τ = 1, 
FA = 10–25° for τ = 2 and FA = 10–15° for τ = 3 in ATR-SSFP and with FA = 15–30° for 
bSSFP (Fig. 6.3). These ranges approximately correspond with the range of FA values 
in which the simulated signal magnitudes were maximal for the organs investigated. 
Residual variations are probably related to differences between T1 and T2 values in 
vivo compared with the values used in the simulations and phantom experiments. Fat 
suppression was more efficient for τ = 2 and τ = 3 than for τ = 1. Signal-to-noise ratio 
per square root of acquisition time was similar for all sequences, which agrees with 
the simulation results.

In healthy volunteer 2, we tested the effect of increasing spatial resolution on the 
quality of the images (Fig. 6.4). The abdominal radiologist confirmed that the degree of 
anatomical details and the potential diagnostic value improved at higher resolutions 
down to 1.4 mm isotropic. The SNR from the data obtained with 1.2 mm isotropic 
resolution was still deemed suitable for diagnostic purposes. However, at 1.2 mm 
isotropic resolution, artifacts, such as ghosting of the aorta and SENSE artifacts, 
became too prominent and dominated the potential gain of the higher resolution. 
Considering these issues, we selected 1.4 mm isotropic resolution as the optimal 
setting for ATR-SSFP imaging of the pancreas. 

Considering the results of the phantom and in vivo measurements, and the FA 
limit for a pulse with 2 zero crossings, we selected τ = 3, FA = 18° and resolution of 1.4 
mm isotropic as optimized settings to acquire ATR-SSFP in patients. These yielded 
the best compromise between scan time duration, fat suppression efficiency, SNR, 
and CNR while using an RF excitation pulse that provided a good slab profile.
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Figure 6.2. Signal variation as a function of FA for several T1/T2 ratios for ATR-SSFP (a-c) and bSSFP (g) for 
simulations (lines) as well as phantom measurements (dots). Simulated contrast variation between different 
abdominal organs and the pancreas, as a function of FA for ATR-SSFP (d–f) and for conventional bSSFP (h). 
Fat suppression efficiency of ATR-SSFP as function of FA as obtained from phantom measurements (i). The 
maximum allowed FA decreased with increasing τ due to SAR constraints. The change in the T1/T2-ratios 
from the legend of a to c and g is explained by the aging of the phantom.
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Figure 6.3. In vivo SNR (normalized for scan time) as a function of FA for ATR-SSFP with different τ and 
conventional bSSFP. Note that fat is not plotted in the conventional bSSFP graph as it reached an SNR/√time 
of 180 and was above 30 for all FA > 5°. Figure 6.3 can be viewed online in color at www.investigativeradiology.
com.

Patient measurements
The ATR-SSFP and FS-bSSFP images were acquired in all 15 patients (Fig. 6.5). The 
mean ROI size to determine signal intensity was 66 voxels (range, 22–128 voxels). 
The contrast in ATR-SSFP and FS-SSFP were similar and mimicked the contrast of 
T2W TSE scan for most tissues (Figs. 6.5 and 6.6 a). Flowing blood, however, was 
hyperintense on ATR-SSFP and hypointense on T2W TSE. Blood is expected to be 
hyperintense on T2-weighted scans due to its long T2 [36]. However, in T2W TSE, the 
signal from blood is lost as blood flows out of the slice during the TSE acquisition.

The image scoring agreement between both abdominal radiologists was good 
(mean ICC = 0.63), and ATR-SSFP scored significantly higher on all items, except for 
fat suppression, where the scoring difference between ATR-SSFP and FS-bSSFP was 
not significant, and ICC was lowest (Fig. 6.6 b). 
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Figure 6.4. In vivo ATR-SSFP measurements at 2, 1.7, 1.4, and 1.2 mm isotropic resolution, with τ = 3 and 
FA = 20°, obtained in healthy volunteer 2. At 1.2 mm, there was additional noise due to high SENSE factors 
(dotted arrows) and pulsation artifacts of the aorta (solid arrow). Figure 6.4 can be viewed online in color at 
www.investigativeradiology.com. 
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Figure 6.5. Typical examples of T2W TSE (left column), ATR-SSFP (mid column), and FS-bSSFP (right column) 
images in 3 patients. For each patient, we show the axial and reconstructed coronal views. Arrows indicate 
structures of interest: dilated pancreatic duct (patient 1), intestines (patient 2), necrotic liver metastasis 
(patient 3, solid arrow), cyst (dotted arrow), and 2 pancreatic ducts that were not as clearly depicted on the 
T2W TSE (arrowheads). 
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Figure 6.6. Patient results. Left, Plot of the relative signal in various tissues with respect to the signal from 
the pancreas, for various sequences. The numbers on the horizontal axis indicate in how many patients the 
tissue was delineated (range over sequences). The bars indicate the standard deviation over patients. Right, 
The mean scores of ATR-SSFP and FS-bSSFP, averaged over patients and observers, and corresponding 
standard deviations. For each item, the ICC is written within brackets.

Discussion
This is the first study demonstrating the value of optimized 3D ATR-SSFP, as an 
alternative to conventional FS-bSSFP, in abdominal imaging at 3 T. At optimal settings, 
ATR-SSFP significantly outperforms FS-bSSFP on 9 of 10 scored items. We showed 
that, for our scanner, the feasible optimal settings for the parameters of single breath-
hold ATR-SSFP of the abdomen at 3 T, with respect to fat suppression effectiveness, 
SNR, CNR between abdominal tissues, and potential diagnostic value, are FA = 18°, 
τ = 3, TR1 = 3.46 milliseconds, RF phase cycling 0°, 180°, 180°, 0° and an isotropic 
resolution of 1.4 × 1.4 × 1.4 mm3.

At optimized settings, ATR-SSFP has a similar contrast to the clinically used FS-
bSSFP. This T2-like contrast resembles the high contrast between abdominal tissue 
types that is characteristic of T2W TSE images. In addition, the fat suppression, which 
is inherent to ATR-SSFP, is of similar quality as conventional FS-bSSFP. 

However, ATR-SSFP has advantages over FS-bSSFP. The higher signal in vessels, 
higher image sharpness, and fewer artifacts of ATR-SSFP compared with FS-bSSFP 
contributed to a higher scoring in vessel conspicuity (Fig. 6.6) and render ATR-SSFP 
a good candidate for angiography. In addition, the increase in vessel conspicuity is 
valuable when considering the assessment of the proximity of a tumor mass to blood 
vessels. The increased image sharpness, as well as the better visibility and conspicuity 
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of the main pancreatic duct and its side branches, indicate the potential additional 
value of ATR-SSFP for the visualization of small biliary stones and mural nodules in 
pancreatic cystic lesions or obstruction of the ducts in pancreatic tumor patients. 
Likewise, the clear visibility of the ducts renders ATR-SSFP a good candidate for MRCP, 
which is currently done with FS-bSSFP [6, 7]. ATR-SSFP enables to obtain MRCP-like 
images in a single breath-hold and allows for sharper vessel delineations than on FS-
bSSFP. Though it was not scored, the sequence gave high bowel conspicuity (Fig. 6.5, 
patient 2) in the subgroup of patients that got injected with hyoscine bromide before 
the ATR-SSFP and FS-bSSFP scans. 

The major factor hindering the use of ATR-SSFP in clinical routine is the 
nontriviality in adjusting acquisition parameters, where small adjustments in τ, TR, and 
RF phase cycling can greatly influence image quality. In this study, we have tested the 
sequence performance for multiple τ values, while choosing the appropriate phase 
cycling to position the stop-band at the frequency of hydrogen atoms in fat. The 
duration of TR1 was minimized with the constraint that TR2 had to be sufficiently long 
to contain the RF pulse. From these options, we selected the settings that were most 
optimal for abdominal imaging. These settings should allow to introduce ATR-SSFP 
in the clinic as a simple sequence, for which typical clinical settings, as resolution, 
SENSE, and FOV, can be adjusted freely as long as τ, TR, and RF phase cycling do not 
change.

In FS-bSSFP, there is more freedom in the choice of acquisition parameters, and 
the image quality changes more gradually with adjustments. Adjusting acquisition 
parameters could improve the quality of FS-bSSFP. For instance, one could increase 
the number of start-up echoes at the start of each shot to improve the stability of the 
sequence, decrease the shot length to minimize the recurrence of fat signal, increase 
the TR to allow for longer RF pulses and thus higher FAs for the same SAR, or increase 
the resolution by acquiring more k-lines. However, all these adjustments increase 
scan time. As in our application scan time is limited to a breath-hold, improving one 
of these parameters is only possible if another one is worsened. For that reason, the 
full optimization of conventional FS-bSSFP is difficult because it always involves a 
compromise between parameters that are often conflicting. We believe that changing 
the settings of FS-bSSFP from the settings used in this study will not significantly 
improve overall image quality.

The slab excitation profile for (sinc) RF excitation pulses improves with increasing 
the amount of zero crossings. Increasing the number of pulse zero crossings, without 
extending its duration or decreasing the FA, leads to higher SAR. To keep SAR low, 
an increase in the number of zero crossings or FA is often accompanied by the 
lengthening of the pulse duration, which might collide with the timing constraints of 
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ATR-SSFP. For that reason, the chosen FA (18°) fell slightly out the range for maximum 
CNR (24–26°). However, we think that the gain in image quality due to using an RF 
pulse with a better slab profile, as well as with a FA closer to FA of maximum SNR 
(FA = 13–16°), outweighs the possible loss in CNR. When considering FS-bSSFP, this 
problem becomes more severe due to the additional SAR deposition that results from 
using fat saturation pre-pulses. Here, the FAs in the range from 42 to 47° yield the 
highest CNR, but in our conventional implementation of FS-bSSFP, the FA was limited 
to 30° due to SAR constraints. As discussed previously, higher FAs can be obtained, 
but at a cost of other acquisition parameters and thus poorer image quality.

Contrary to ATR-SSFP, the image quality in FS-bSSFP is degraded as a result 
of the periodic interruption in the steady-state condition. This interruption results 
in signal intensity modulations through k-space. This causes image blurring and 
possibly additional artifacts. The effect of the interruption of k-space can be limited 
by introducing shorter shot lengths and by adding additional start-up echoes at the 
start of each shot. However, as discussed previously, due to the limited scan time, this 
is only possible at the cost of other settings.

There are some limitations associated with this study. Firstly, there was a poor 
ICC for the scoring of fat suppression. We often observed that, in regions where fat 
suppression succeeded, fat suppression was stronger for ATR-SSFP (Figs. 6.5 and 
6.6). However, in our scan protocol, we focussed shimming on a region around the 
pancreas. Therefore, for ATR-SSFP fat suppression sometimes failed outside this 
region. As a result, depending on the preference of the clinician, scoring results may 
differ. Furthermore, fat saturation in ATR-SSFP may improve when shimming is not 
focussed on a limited region around the pancreas. Another limitation in our study was 
that only a subgroup of the patients received hyoscine bromide before the ATR-SSFP 
and FS-bSSFP scans. We had the impression that administering hyoscine bromide 
improves the image quality and should be done in future studies. In addition, the 
highest achievable resolution depends on the acceleration technique that is used, 
as well as the desired FOV, and, therefore, should be investigated in more detail per 
application. Here we showed that for our application, a 1.4-mm resolution resulted 
in robust images whereas artifacts were observed in the 1.2-mm resolution images. 
Finally, the optimal settings may differ per MRI scanner/vendor, depending on specific 
implementations. However, for most vendors, shorter TR2s are not feasible due to the 
length of the RF pulse and therefore higher τ or other phase cycling schemes are not 
feasible. In addition, the ideal FA we suggest came from simulations, and therefore 
are not vendor specific.

One patient failed the breath-hold, and 2 patients did not fit in the FOV in the 
phase encoding direction. For these patients, image quality was poor. This is reflected 
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in the fact that when splitting the patients into 2 groups, the images of these 3 
patients scored 2.5 (ATR-SSFP) and 1.4 (FS-bSSFP) when averaged over all items 
scored, whereas the images from the rest scored 2.9 (ATR-SSFP) and 2.1 (FS-bSSFP). 
Therefore, if the acquisition protocol for ATR-SSFP and FS-bSSFP was adapted for 
these patients, the scores may increase. As discussed previously, changing settings 
in ATR-SSFP can greatly influence the overall performance. However, increasing the 
voxel size or slice thickness to increase FOV or to decrease acquisition time could 
increase the image quality in the 3 patients mentioned, without greatly affecting the 
ATR-SSFP performance.

The signal behavior as a function of FA changes for different T1/T2 values and 
settings of τ, RF phase cycling, and field strength [26]. Therefore, it is hard to compare 
our optimal FA for ATR-SSFP imaging of the abdomen, for which our results show that 
it appears to be very similar for different organs, with those in the literature. However, 
we believe that our findings regarding the optimum FA will serve as guidelines for 
ATR-SSFP of the abdomen, where higher FAs of 30–40° have been traditionally used 
on 1.5 T [26] and 3 T [3]. Nonabdominal tissues in the body can have different T1/T2 
values than the abdominal T1/T2 values the FA was optimized for in this research. 
From our simulations, we found that for τ = 3 the FA that renders maximal signal 
magnitude lays below 30° for T1/T2 > 4 and increases to 49° when T1/T2 = 1.

In conclusion, the feasible optimal settings for single breath-hold ATR-SSFP 
imaging of the pancreas at 3 T are FA = 18°, τ = 3, RF phase cycling 0°, 180°, 180°, 0° 
and TR1/TE = 3.46/1.73 milliseconds, and isotropic resolution of 1.4 × 1.4 × 1.4 mm3. 
With these settings, ATR-SSFP imaging is superior to FS-bSSFP, it provides inherently 
sharper images, and has the potential to be a valuable additional tool to clinical 
routines in abdominal MRI.
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Abstract
Objective: The aim of this study was to determine the combination of b-values and 
signal averages for diffusion-weighted image acquisitions that render the minimum 
acquisition time necessary to obtain values of the intravoxel incoherent motion (IVIM) 
model parameters in vivo in the pancreas or liver with acceptable reproducibility.
Materials and Methods: For 16 volunteers, diffusion-weighted images, with 14 
b-values and 9 acquisitions per b-value, were acquired in 2 scan sessions. The IVIM 
model was fitted to data from lesion-sized regions of interest (ROIs) (1.7 cm3) as well 
as organ-sized ROIs in the pancreas and liver. By deleting data during analyzes, the 
IVIM model parameters, D and ƒ, could be determined as a function of the number 
of b-values as well as the number of measurements per b-value taken along. For the 
IVIM model parameters, we examined the behavior reproducibility, in the form of the 
within-subject coefficient of variation (wCV), as a function of the amount of data taken 
along in the fits. Finally, we determined the minimum acquisition time required as a 
function of wCV.
Result: For the lesion-sized ROI, the intersession wCVs were 8%/46% and 13%/55% 
for D/ƒ in the pancreas and liver, respectively, when all data were taken along. For 1.2 
times larger wCVs, acquisition in the pancreas could be done in 5:15 minutes using 9 
acquisitions per b-value at b = 0, 30, 50, 65, 100, 375 and 500 mm-2s and for the liver 
in 2:15 using 9 acquisitions per b-value at b = 0, 40 and 500 mm-2s.
Conclusions: Acquiring 7 b-values in the pancreas and 3 b-values in the liver only 
decreases the reproducibility by 20% compared with an acquisition with 14 b-values. 
The understanding of the behavior of reproducibility as a function of b-values and 
acquisitions per b-values scanned will help researchers select the shortest IVIM 
protocol.
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Introduction
Diffusion-weighted imaging (DWI) is a promising technique for imaging pancreas 
and liver diffusivity and diffusivity-based lesion identification and characterization in 
these organs [1-3]. In DWI, the magnetic resonance (MR) signal is made sensitive to 
the diffusion of water molecules before the acquisition of the signal. In the classical 
diffusion model, the signal from diffusing water molecules is assumed Gaussian. 
Therefore, the signal attenuation is modeled monoexponentially, as a function of 
the apparent diffusion coefficient (ADC) of the tissue, and the amount of diffusion 
weighting of the signal (b-value). 

However, DWI signal also attenuates due to capillary perfusion. Therefore, 
the intravoxel incoherent motion (IVIM) model for DWI, a biexponential model, was 
introduced [4]. This model uses three tissue-specific IVIM parameters to describe the 
signal attenuation as a function of b-value: the diffusion coefficient D, the pseudo-
diffusion coefficient D*, and the perfusion fraction ƒ. In the pancreas and liver, data 
obtained with b-values higher than 150 mm-2s are more predominantly sensitive 
to diffusion (D), whereas data obtained with b-values lower than 150 mm-2s are 
also sensitive to perfusion (D + D*). Since its introduction, the biexponential signal 
attenuation was confirmed in multiple studies [5-19] and related to perfusion [20, 21]. 
The added perfusion parameters of the IVIM model have shown additional value for 
lesion characterization in the pancreas and liver [5-11, 17, 22, 23]. In addition, they can 
be used to evaluate organ perfusion and diffusivity and discriminate between healthy 
liver and liver fibrosis [12-14]. They also enable treatment response monitoring in 
various other organs [15, 16]. Finally, ƒ shows an excellent histological correlation 
with histological tumor features in pancreatic tumors [24].

Determining IVIM parameters requires DW images acquired at multiple 
b-values, resulting in prolonged measurement time compared with the standard 
monoexponential model. For example, in studies that used respiratory compensation, 
the mean acquisition time of the pancreas and liver acquisitions was 8:30 minutes 
(range, 2:24–12:00 minutes; median, 7:55 minutes) [5, 6, 11, 13, 14, 22, 25, 26]. 
Currently, there is no criterion standard for the choice in b-values at which images 
are acquired and the number of images per b-value that should be acquired. The lack 
of a criterion standard could lead to either unnecessarily long acquisitions or biased 
and unreproducible IVIM model parameter fits. Therefore, to have IVIM acquisitions 
implemented clinically, more insight should be available on the relation between the 
b-value selection and the number of averages, and the reproducibility and bias of the 
fitted IVIM model parameters.

Lemke et al. [27] used Monte-Carlo simulations to determine the ideal b-value 
distribution for a range of IVIM parameter values. They showed that at least 10 
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b-values need to be acquired for IVIM model to retrieve the parameters used in the 
simulated data. However, in simulations, the anatomy is assumed to be static. This 
situation does not hold in practical pancreatic and liver imaging because these organs 
are highly mobile due to respiratory, peristaltic, and cardiac motion. This motion can 
lead to misaligned neighboring slices and misalignments between different volumes 
belonging to different or repeated b-values. In addition, the echo planar imaging (EPI) 
readout used in DWI is prone to geometric distortions and susceptibility artifacts [28]. 
These artifacts often occur in the vicinity of air-tissue boundaries at the edge of the 
lungs, the stomach or the intestines. Finally, the IVIM model is only an approximation of 
the actual signal attenuation [4, 29] and the measured signal attenuation is influenced 
by other, additional factors than the IVIM model accounts for [30, 31]. This may lead 
a bias in the outcome that depends on the b-values sampled (the equivalence of 
ADC values that are determined from b = 0 and 1000 mm-2s being overestimated 
compared with ADC values that are determined from b = 150 and 1000 mm-2s in DWI-
data of a well-perfused organ) [32]. 

Together, the effect discussed previously may lead to a different reproducibility 
of and bias in the IVIM model parameters in vivo than expected from simulations 
that use biexponential data. Therefore, the purpose of this study was to determine 
the combination of b-values and DW images per b-value that renders the minimum 
acquisition time necessary to obtain reproducible values of the IVIM parameters 
without a large bias in the pancreas or liver, using in vivo data.

Methods
We included 16 healthy volunteers (8 male, 8 female, mean age 28 years old, range 
19–47 years) who were scanned on a 3 T Ingenia (Philips Healthcare, Best, the 
Netherlands) MR imaging (MRI) scanner. The scanner had a maximum gradient strength 
of 45 mT/m and a peak slew rate of 200 mT/m per milisecond. Data were acquired with 
a 16-channel phased-array coil anterior to the volunteer and a 10-channel phased-
array coil posterior to the volunteer. All volunteers gave written informed consent. 
Two MRI sessions (1 hour to 20 days apart; mean, 7 days) were performed. In the 
first MRI session, we scanned DWI twice to assess intrasession reproducibility. In the 
second session, we scanned DWI once, which we compared with the first scan of the 
first session to assess intersession reproducibility. For 2 volunteers, only intersession 
data were scanned. During each session, we also acquired a 3D Dixon (3 echoes) and 
a multislice 2D T2-weighted turbo spin echo (TSE) sequence as anatomical references 
(see Table 1 for acquisition details).
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Table 7.1. Sequence parameters for the multi-slice 2D DWI (first column), the 3D Dixon (second column) and 
the multi-slice 2D T2-weighted TSE (last column).

DWI Dixon T2-weighted TSE

FOV (mm2) 432 × 108 (RL × AP) 400 × 350 400 × 369

acquisition matrix 144 × 36 236 × 208 308 × 230

Slices 21 53 45

Slice thickness/gap (mm) 3.7/0.3 1.7/— 5/—

TR/TE/ ΔTE (ms) > 2350/44/— 4.4/1.15/0.9 779/80/—

FA (°) 90 10 90

BW (Hz/voxel) 62.5 (phase direction) 1602 (frequency) 548.4 (frequency)

SENSE 1.7 (AP) 2/1.5 (LR/AP) 2 (AP)

Respiratory compensation Respiratory trigger  
(navigator)

1 breath-hold 3 breath-holds

Fat saturation Gradient reversal during 
slice selection + SPIR

Dixon reconstruction SPAIR

b-values (mm-2s) 0, 10, 20, 30, 40, 50, 65, 
80, 100, 125, 175, 250, 
375, 500

— —

TR of the DWI acquisition was determined by the respiratory trigger interval, but at least 2350 ms.
Abbreviations: FOV = Field of view; RL = right–left; AP = anterior–posterior; TR = repetition time;  
TE = echo time; FA = flip angle; BW = band width; SPIR = spectral presaturation with inversion recovery;  
SPAIR = spectrally selective attenuated inversion recovery.

DWI protocol
We acquired all DW images with a single shot EPI readout with axial slice orientation 
(see Table 7.1 for acquisition details). Diffusion weighting was induced in 3 orthogonal 
directions, and 3 images were obtained per direction. This resulted in 9 acquisitions 
per b-value. Each of these acquisitions was acquired at a navigator based expiratory 
trigger that tracked the liver-lung transition. To avoid intertrigger mismatches 
between slices of 1 single volume, all slices in the volume were acquired during each 
trigger. This approach necessitates relatively long acquisition periods (2.35 seconds) 
compared with common respiratory acquisition times (< 1s). Therefore, to reduce 
intratrigger respiratory motion, the volunteers were instructed to hold their breath 
during the typical noise produced by the EPI readout and to breathe freely during the 
navigator acquisition. This instruction was given before the MRI exam using a recorder 
sound fragment of the sequence. The bandwidth (BW) per voxel in the phase encoding 
direction used in literature is on average 21 Hz/voxel (range 9–75 Hz) in the pancreas 
and liver [1, 5-9, 14, 18, 21, 22, 26, 33, 34]. We used a high BW per voxel (62.5 Hz/voxel) 
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in order to minimize geometric distortions and susceptibility artifacts. To achieve this, 
we used parallel imaging as well as a small field of view (FOV) in the phase encoding 
direction, combined with 2 saturation slabs placed to the posterior and anterior of the 
FOV.

Image processing
Delineations were done on an averaged b = 0 mm-2s image (averaged over the 
9 acquisitions) under the guidance of an averaged b = 100 mm-2s, water only 
reconstruction of the Dixon, and T2-weighted TSE images. The first region of interest 
(ROI), ROIlarge, consisted of the entire pancreas or 2 to 4 slices in the liver. The second 
ROI, ROIsmall, was lesion sized (1.7 cm3) and spanned 3 slices in the pancreas tail or 
liver. The ROIsmalls were mostly 3 4 × 4 voxel squares located in 3 adjacent slices 
either in the center of the liver or the tail of the pancreas. However, the pancreas is a 
small organ and sometimes the squares were deformed to fit in the pancreas. Using 
anatomical landmarks, such as vessels, ducts, and organ edges, the ROIs were placed 
at the same location in the different scans for the same volunteer. 

Figure 7.1. Example images from an axial slice (c, d, g, h) and coronal multiplanar reformatted slice (a, b, 
e, f) of the data as acquired (a, c, e, g) and the data after denoising, cardiac artifact removal, registration, 
and averaging (b, d, f, h) for images from b = 0 mm-2s (a–d) and b = 500 mm-2s (e-h). An example of signal 
loss due to the cardiac artifact (i, blue circle) compared with an acquisition of the same slice and b-value 
without the signal loss (j). ROIlarge (green) from the liver on the b = 0 mm-2s (k) image as well as the ADC image 
(from b = 0 mm-2s and 10 mm-2s) (l) is shown. The parts selected by the vessel selection algorithm (red) were 
excluded from ROIlarge.
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For data processing, a custom-made pipeline was developed in Matlab 2013a 
(MathWorks, Natick, MA) comprising the following steps. The DW images were 
denoised using an adaptive optimized non-local means Rician denoising filter as 
implemented by Manjón et al. [35], with a search radius of 3 voxels and a patch radius 
of 1 voxel. In some slices, local signal loss due to cardiac motion during diffusion 
encoding occurred (Fig. 7.1 i-j), which has been reported before [36]. To remove 
slices containing these cardiac artifacts, we wrote an algorithm that excluded these 
slices from further analyzes. For each slice and b-value, we calculated the mean and 
standard deviation (SD) of all voxel values within ROIlarge of the organ of interest, using 
all 9 measurements of the same slice. Slices that had a mean intensity in the organ of 2 
SDs lower than the mean over all acquisitions of that slice and b-value were removed. 
On average, the algorithm deleted 7.3% (range between volunteers 3.7%–10.6%) 
of the slices for the pancreas and 7.9% (range, 4.8%–9.9%) for the liver. To correct 
for interrespiratory trigger geometric variations and the effect of eddy currents, we 
registered all DW images group wise using a 4D non-rigid b-spline algorithm based on 
mutual information using Elastix [37, 38]. By masking, we excluded the slices selected 
by the cardiac motion algorithm from the cost function of the registration. After 
registration, the delineations were optimized to correct for errors due to registration.

Per DWI set, the image processing was performed twice, once using the pancreas 
ROI and once using the liver ROI.

Data fitting
For the IVIM fits, we used a T1 and T2 compensated IVIM model [21] with 
T1 = 725 milliseconds, T2 = 43 milliseconds for the pancreas, T1 = 809 milliseconds, 
T2 = 34 milliseconds for the liver, as well as T1 = 1932 milliseconds, T2 = 275 milliseconds 
for blood [39, 40]. As repetition time (TR) was dependent on the respiratory trigger 
time, which fluctuated each respiratory cycle, we chose a TR = 5000 milliseconds for 
IVIM model fitting.

Signal coming from large blood vessels decays rapidly when diffusion gradients 
are being applied due to different coherent flow speeds within a voxel. This can cause 
the data to behave like a triexponential decay [41], rendering it inappropriate for the 
biexponential IVIM model. In the large ROIs, we segmented and removed such vessels 
from the ROIlarge using the DW images by excluding voxels with an ADC value higher 
than 0.022 mm2s-1 on an ADC image created from b = 0 and 10 mm-2s [7]. The cutoff 
value of 0.022 mm2s-1 was chosen after visually comparing the performance of the 
algorithm for several cutoff values in the liver, as the vessels in the liver are easy to 
detect (typical example in Fig. 7.1 k-l). At this value, the algorithm segmented vessels 
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in the liver that were also visible on the b = 0 mm-2s DW image (Fig. 7.1) as well as the 
Dixon and T2-weighted images. To visualize the effect of the segmented vessels on 
the data from the ROIs, we plotted the data, averaged over all volunteers, from the 
ROIlarges before and after vessel segmentation. To check how well these data were 
described the IVIM model, we fitted a biexponential fit [4] and a triexponential fit [41] 
to it. For biexponential fits to the data from the ROIs with and without vessels we 
calculated the adjusted R2 value to determine how well these fits described the data.

All fits were done using the unconstrained Levenberg-Marquardt least squares 
fit. Unless mentioned otherwise, we fixed the value of D* to the value obtained from 
the fits to the averaged data of all ROIlarges from all volunteers [5-7]. To examine 
the influence of fixing D* on D and ƒ, we determined D and ƒ per patient per DWI 
acquisition, using both the D*-free and D*-fixed fitting methods. We compared for 
significant (p ≤ 0.05) differences between both methods using a paired t-test for D 
and ƒ. In addition, to get an idea of fluctuations in D, ƒ, and D* over this healthy 
population, we calculated the between-subject coefficient of variations (bCVs, also 
known as coefficient of variations), using the data from only the first scan of each 
subject.

Reproducibility of parameter fits
To study the reproducibility and bias of IVIM model parameters as a function of the 
b-values and number of selected DW images per b-value in the fit, we repeatedly 
deleted data points before the IVIM model fit. 

As a measure for reproducibility, we took the within-subject coefficient of 
variation (wCV) for D and ƒ: wCVD and wCVf, respectively, for the different fits 
mentioned previously. The wCVs were calculated as defined by Barnhart et al. [42] 
(see Supplemental Digital Content 1, http://links.lww.com/RLI/A234, for a short 
description). We used a Levine test on the percentage difference to check for 
significant (p < 0.05) differences between the intersession and intrasession wCVs for 
the full data set (SPSS, version 21, IBM, New York, NY). In addition, for the full data set, 
Bland-Altman plots [43] were plotted for all ROIs to visualize intersession variations 
for the pancreas and liver. A 1-sample t-test was done to test for any significant bias 
(p ≤ 0.05) of D and ƒ.

As a measure for bias, we took the normalized deviation (ND) of D and ƒ from the 
D and ƒ values obtained from the full data set. For example, for D, this was defined as

NDD =                          x 100%  
Dmean – Dmean,full

Dmean,full

	 (7.1)
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in which Dmean was the value found for D averaged over all volunteers using the specific 
combination of b-values and DW images per b-value and Dmean,full was value found for D 
averaged over all volunteers using the full data set. NDƒ was defined similarly.

To visualize the reproducibility and bias as a function of the data taken along, we 
plotted heat maps of ND and wCV as a function of the number of b-values and the 
acquisitions per b-value used. This was done for intersession and intrasession, liver 
and pancreas, ROIsmall and ROIlarge and with D* as a fixed and as a free parameter in 
the IVIM model. In addition, deleting b-values was done according to three different 
preselected schemes: a scheme in which mainly low b-values remain in the data set 
(b-low), a scheme in which mainly high b-values remain (b-high) and a scheme in which 
b-values are deleted randomly (b-both). In these schemes, b-values were removed in 
the following order: b-low: 175, 375, 65, 125, 80, 30, 250, 50, 10, 100, 20 and 40 mm-2s, 
b-high: 20, 40, 10, 65, 175, 80, 30, 100, 375, 50, 250 and 125 mm-2s and b-both: 125, 
80, 40, 20, 250, 10, 175, 65, 375, 30, 50 and 100 mm-2s. All schemes kept b = 0 and 
500 mm-2s. Images per b-value were deleted in a way that the directional spread of 
the diffusion weighting was as homogeneous as possible.

To investigate the relation between scan time and reproducibility, we selected the 
combinations of b-values, acquisitions per b-value and b-scheme that had both wCVs 
lower than 1 to 2 (steps of 0.1) times the wCVs from the full acquisitions. To ensure 
robustness of these combinations, we then selected the combinations of which the 
neighbors also satisfied the wCV criterion. From these combinations, we selected 
the one with the lowest number of acquisitions (b-values × acquisitions per b-value). 
Finally, by assuming a respiratory cycle of 12 per minute, the shortest acquisition time 
was plotted as a function of increasing loss in reproducibility.

As the performance of our image processing may depend on the b-values and 
the number of selected DW images per b-value, we repeated the image processing for 
the combination that yielded the fastest acquisition without increasing the wCVs by 
more than 20% and compared the wCVs and NDs to the case where image processing 
was done with the full data set. In addition, D- and ƒ-maps were calculated for these 
settings and compared with the D- and ƒ-maps from the full data set.

Results
Data fitting
Using data from ROIs including large vessels, the IVIM model fit was inaccurate at 
describing data from low b-value when compared with a triexponential fit (Fig. 7.2). 
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When vessels were excluded, the IVIM model described the data as accurate as the 
triexponential fit, both for the pancreas and liver. The R2 values of the biexponential 
fits were 0.91 and 0.77 for the pancreas and liver, respectively, when vessels were 
included and increased to 0.92 and 0.82 when vessels were excluded, which can 
also be visually appreciated in Fig. 7.2. Therefore, the ROIlarge excluding vessels was 
selected for further analyzes, which resulted in ROIlarge of 29 cm3 on average (range, 
18–43 cm3) for the pancreas and 33 (range, 13–59) cm3 for 2 to 4 slices of the liver. 
We found D* = 70.3 × 10-3 mm2s-1 in the pancreas and D* = 58.6 × 10-3 mm2s-1 in the 
liver. In ROIsmall, the vessels were excluded during delineation.

D and ƒ were calculated for the entire group using the D* fixed and D* free IVIM 
model fits (Table 7.2). There was no significant difference for the fitted D between both 
fitting methods. However, ƒ was significantly different in all cases (liver, pancreas, 
ROIsmall, and ROIlarge. The bCVs (Table 7.3) were similar for the D*-free and D*-fixed fits.

Figure 7.2. Log plots of the data from the signal at different b-values averaged over all 3 measurements 
from all 16 volunteers of the pancreas (a and b) and the liver (c and d) using the large ROIs with (a and c) 
and without (b and d) large vessels. The IVIM model (green dashes) and a triexponential decay (red line) were 
fitted to the data. Subplots show a magnification of the low b-values. The error bars indicate the SD between 
volunteers of the first scan. 
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Reproducibility of parameter fits
Both intersession and intrasession wCVs were better for the pancreas than for the 
liver (Table 7.4). The wCVs were similar to the bCVs. Six out of 8 wCVs mentioned in 
Table 7.4 were lower for intrasession than intersession, and one was equal. However, 
none of the differences were significant according to the Levine test. The Bland-
Altman plots (Fig. 7.3) from the ROIsmalls for D and ƒ did not show any significant bias.

The intersession and intrasession results on all individual b-schemes, all ROIs 
and both organs, for fits with a fixed D* as well as D* as free model parameter, were 
calculated (see graphs, Supplemental Digital Content 2, http://links.lww.com/RLI/
A235, and Supplemental Digital Content 3, http://links.lww.com/RLI/A236, which 
show heat maps for all discussed situations). Generally, both for pancreas and liver, 
when data from fewer b-values and fewer DW images per b-value were selected, 
the wCVs and NDs became worse (e.g., Figs. 7.4 and 7.5). In addition, the heat maps 
changed between the different schemes for deleting b-values (Supplemental Digital 
Content 2, http://links.lww.com/RLI/A235, and Supplemental Digital Content 3,  
http://links.lww.com/RLI/A236).

Table 7.2. Mean values for the population ± the SD of the value over the population.

D*-fixed D*-free

Pancreas D±SD (10-3 mm2s-1) ƒ±SD (%) D±SD ƒ±SD D*±SD (10-3 mm2s-1)

ROIlarge 1.41±0.17 5.4±1.1 1.37±0.13 6.0±1.2 80±34

ROIsmall 1.34±0.18 6.9±2.6 1.31±0.19 7.7±2.5 1.8±1.5 ×102

Liver

ROIlarge 1.12±0.10 5.1±1.9 1.10±0.10 5.5±1.7 103±98

ROIsmall 0.99±0.12 5.8±1.5 1.01±0.10 6.2±1.6 1.7±1.1×102

Table 7.3. Intersession and intrasession bCVs using 14 b-values and 9 measurements per b-value.

D*-fixed D*-free

Pancreas bCVD (%) bCVƒ (%) bCVD (%) bCVƒ (%) bCVD* (%)

ROIlarge 13 22 11 36 72

ROIsmall 15 52 17 48 152

Liver

ROIlarge 12 27 15 32 60

ROIsmall 20 35 20 31 96
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Table 7.4. Intersession and intrasession wCVs using 14 b-values and 9 measurements per b-value.

Intra Inter

Pancreas wCVD (%) wCVƒ (%) wCVD (%) wCVƒ (%)

ROIlarge 7 19 5 23

ROIsmall 8 33 8 46

Liver

ROIlarge 9 32 10 34

ROIsmall 12 36 13 55

For the fixed D* model, the |NDD| was less than 5% and |NDƒ| was less than 15% 
for most of the combinations, meaning that decreasing the acquisition time did not 
introduce a large bias. When the number of acquisitions per b-value was 1, 2 or 4, 
|ND| mostly increased. In these cases, one of the diffusion directions was strongly 
overrepresented, which was not the case in the reference data set (3 orthogonal 
acquisitions repeated 3 times). For more than 4 images per b-value, this effect 
decreased. 

D and ƒ from fits with fixed D* (e.g., Fig. 7.4) were more reproducible (lower wCV) 
and had less bias (lower |ND|) for shorter acquisitions than when D* was set as free 
fitting parameter (e.g., Fig. 7.5). In addition, when D* was set as free fitting parameter, 
the intersession wCV of D* (wCVD*) for the full data set was large: 64% and 134% for 
ROIlarge and ROIsmall, respectively, in the pancreas and 150% and 77% for both ROIs in 
the liver. The intrasession wCVs for D* were 61% and 123% for ROIlarge and ROIsmall, 
respectively, in the pancreas and 133% and 88% for both ROIs in the liver. 

When wCVs larger than the wCVs found from the full data set were accepted 
(Table 7.4), IVIM could be acquired in shorter scan times (Fig. 7.6). For the pancreas 
in ROIlarge and the liver in ROIsmall, shorter scan times could be used without decreasing 
the reproducibility. When D* was fixed, the scan time could be halved to quartered, 
without increasing the wCV by more than 20% relative to the full acquisition, for all 
ROIs. When D* is set as a free fitting parameter, the decrease in scan time was less 
pronounced (see graphs, Supplemental Digital Content 3, http://links.lww.com/RLI/
A236, Fig. 7 U, which is similar as Fig. 7.6 except D* is set as free fit parameter).
The fastest acquisition that had less than 20% additional error for ROIlarge was a 3:30 
minute scan for the pancreas comprising of 6 images at b = 0, 30, 50, 65, 100, 375 and 
500 mm-2s and a 2:15 minute scan in the liver comprising 9 images at b = 0, 125 and 
500 mm-2s. For ROIsmall, reproducible acquisition was feasible in the pancreas in 5:15 
minutes using 9 images at b = 0, 30, 50, 65, 100, 375 and 500 mm-2s and in the liver in 
2:15 minutes using 9 images at b = 0, 40 and 500 mm-2s. 
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Figure 7.3. Bland-Altman plots for the intersession variation of D and ƒ from ROIsmall of the pancreas (top) and 
liver (bottom) using all b-values and acquisitions per b-value.

Figure 7.4. From left to right, heat maps of intersession wCVD, wCVƒ, NDD and NDf for ROIsmall in the pancreas 
(top row) and liver (bottom row). The vertical axis shows the number of b-values selected, whereas the 
horizontal axis indicates the number of selected DW images per b-value. The plots show results for deleting 
b-values using the b-both scheme. White voxels indicate that no values were obtained from the fit, and thus 
no wCV or ND could be calculated for this combination.
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Figure 7.5. Heat maps similar to the ones in Fig. 7.4 from the fits with D*-free.

Figure 7.6. Plots of the scan times as a function of additional relative error on intersession wCV for ROIlarge 
(left column) and ROIsmall (right column). The arrows indicate the settings at which Fig. 7.7 was produced.

When image post-processing was done only on the selected data from the 
fast acquisition of ROIsmall, the bias and reproducibility changed from wCVD = 9%, 
wCVƒ = 44%, NDD = 0.5%, NDƒ = 4.2% to wCVD = 10%, wCVƒ = 46%, NDD = 0.7%, 
and NDƒ = 1.5% in the pancreas and from wCVD = 14%, wCVƒ = 49%, NDD = 3.8%, 
NDƒ = 5.8% to wCVD = 16%, wCVƒ = 51%, NDD = 4.9%, and NDƒ = 4.7% in the liver. This 
indicates that our post-processing also performs well with fewer data. There was little 
difference in the D- and ƒ-maps reconstructed from the full data set, compared with 
the limited data set (Fig. 7.7).
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Discussion
We used in vivo DWI data to determine the minimal number of b-values and 
acquisitions per b-value necessary to obtain reproducible IVIM parameters in the 
pancreas and liver with low bias. First, we showed that the IVIM model is only valid in 
ROIs in which large vessels are excluded. Then, we showed that when fewer b-values 
and acquisitions per b-value are used, IVIM modeling is more reproducible with D* 
fixed than with D* set as a fitting parameter. Considering this and the poor wCV of D*, 
we recommend that D* is fixed. In addition, we showed that for the pancreas IVIM can 
be done in 3:30 minutes when changes affecting the entire organ are of interest, and 
in 5:15 minutes when a specific lesion needs to be measured. Finally, for the liver IVIM 
can be obtained in 2:15 in both cases. 

In this paper, we show that large vessels contribute to an extra attenuation 
component in the DW-data. This is because signals from flowing blood in large 
vessels are very sensitive to diffusion gradients, due to the parabolic velocity profile 
of the blood. Signal thus rapidly decays between b = 0 and 10 mm-2s for such vessels. 
Therefore, we recommend that during post-processing, either large vessels are 
removed from the ROI, or the use of triexponential models is taken into consideration. 
Alternatively, flow-compensating gradients could be used to overcome this problem 
at the acquisition level [29].

Figure 7.7. An example of the performance of DWI after selecting optimal settings compared with the full 
scan. The top row shows the D- and ƒ-maps obtained with the full set of data. The middle row shows the 
same maps when only the selected sub-set of data is taken along (post-processing performed after deleting 
b-values). In the bottom row, the b = 0 mm-2s is shown as a reference. The organ of interest (left images, 
pancreas; right images, liver) is delineated by arrows.
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The D* found by fitting to all data was considerably lower than the mean D* 
from the fits to individual patients (Table 7.2). When all data are combined, the 
signal-to-noise (SNR) ratio becomes higher and D* can be estimated better than on 
individual level. In simulations, we indeed found that D* was overestimated when 
the SNR decreased (Supplemental Digital Content 4, http://links.lww.com/RLI/A237, 
simulations of fitted parameters as a function of SNR). The signs of the systematic 
errors found in these simulations were in agreement with the signs of the NDs from the 
D*-free fitting, in which D* and ƒ were overestimated and D was underestimated (Fig. 
7.5 and Supplemental Digital Content 3, http://links.lww.com/RLI/A236). In addition to 
a different D*, there was a small, but significant, difference in f between the D*-fixed 
fits and D*-free fits. This is a result of the different D* values used in latter.

The D and D* values reported here for the pancreas and liver agreed well with 
recent literature: D = 0.90 to 1.48 × 10-3 mm2s-1 and D* = 14.8 to 59.4 × 10-3 mm2s-1 
in the pancreas [5, 9, 17, 21, 33] and D = 1.00 to 1.17 × 10-3 mm2s-1 and D* = 13.1 
to 70.6 × 10-3 mm2s-1 in the liver [13, 14, 17, 22, 23, 25]. Our fitted values for ƒ in the 
pancreas and liver are similar to the value found in the pancreas by Lemke et al. [21] 
(ƒ = 6.1%–7.8%), who introduced the T1 and T2 correction that we also applied. To 
compare our values for ƒ with other literature, we recalculated the perfusion fraction, 
ƒ’, as would be obtained from the classical IVIM model in an acquisition with typical 
values for TR (4500 miliseconds) and echo time (TE = 70 miliseconds). We found an 
ƒ’ = 16.9% in the pancreas and an ƒ’ = 22.8% in the liver. This is similar to values found 
in healthy volunteers in other research: ƒ’ = 16% to 40% for pancreas and ƒ’ = 15% to 
32% for liver [5, 9, 13, 14, 17, 21–23, 25, 33].

We found that when D* was fixed, acquisitions at only 7 (pancreas) or 3 (liver) 
b-values were required for reproducible IVIM modeling with low bias. This is lower 
than the minimum of 10 b-values required according to previous simulations [27]. 
However, those simulations also fit D*, which requires additional data points. When 
D* is not fixed, we require 12 b-values for the pancreas and 9 b-values in the liver 
(see Supplemental Digital Content 3, http://links.lww.com/RLI/A236, Fig. 7 U), which 
is comparable to the simulations [27] and agrees with the observation that at least 
2 b-values in the domain 0 < b < 50 mm-2s are required to determine an unbiased D* 
[44]. Dyvorne et al. [45] showed that in their data, when D* was fitted only 4 b-values 
were needed for IVIM in the liver. However, their approach is different as they did not 
take into account the increase in wCV when fewer b-values are used. We favor this 
criterion since in longitudinal studies that aim to detect treatment effects or disease 
progression, the reproducibility directly relates to the statistical power.

In the literature, it is common to measure b-values up to b = 800 to 1100 mm-2s 
[5, 9, 13, 14, 17, 22, 23, 25, 33]. In addition, simulations show that high b-values help 
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to determine D [27]. However, including higher b-values to the protocol increases the 
TE of the acquisitions of all b-values, and, consequently, leads to SNR decreases for 
all DW images. This effect was not taken along in previous simulations and cannot 
be undone by deleting data after the acquisition. Therefore, we chose to limit our 
maximum b-value to 500 mm-2s. As our D value was similar to values reported in the 
literature, we believe limiting the highest b-values did not introduce systematic errors. 
Including higher b-values would potentially help improve wCVD, but will worsen wCVƒ 
due to the loss of SNR. As our wCVD < wCVf and our wCVD is comparable to wCVDs 
in the liver found in the literature (5%–20%) [13, 23, 34, 45, 46], there is no need for 
b-values higher than 500 mm-2s for IVIM in these organs.

The intrasession wCVs (7%–12% for D and 19%–36% for ƒ, Table 7.4) were 
not significantly lower than the intersession wCVs, (5%–13% and 23%–55%). This 
suggests that long term variations are small. Possibly, the difference between inter 
and intra wCVs becomes even smaller when scanning fasted patients at the same 
time during the day to minimize the physiological fluctuations. 

Typically, for normally distributed acquisition noise, one would expect that 
reproducibility should increase with increasing scan time. The fact that we could 
decrease the measurement time substantially at the cost of only a limited loss in 
intersession wCVs, indicates that other factors that do not decrease with additional 
acquisitions play a role as well. Such factors could include the presence of image 
artifacts, the mismatch between the IVIM model and the physiology of liver and 
pancreas, and short term physiological changes. When patients show pathologies, it 
may be easier to delineate ROIs and ROI placement could become more reproducible. 
In these cases, longer acquisitions may still improve the wCVs more substantially 
than shown in our data. 

In the literature of IVIM, multiple measures for repeatability are used [13, 22, 
23, 34, 45]. We observed the following measures throughout the literature: the wCV 
as in this study, the mean of the coefficient of variations calculated per patient, the 
interscan error and the 95% confidence limits. In this research, we used the method 
discussed by Barnhart et al. [42], which is in agreement with Bland and Altman [47]. 
Ignoring the different ways to calculate wCVs, the range of published wCVs for IVIM in 
the liver are wCVƒ = 10% to 32% and wCVD = 5% to 20% when large ROIs (4–27 cm3) 
are used [13, 23, 34, 45, 46]. While wCVs in our ROIlarge were in the same range, the 
wCVƒs in our ROIsmall were somewhat larger. We expect this is due to our ROIsmall 
(1.7 cm3) being smaller than the typical ROIs used so far.

A limitation of this study is that we did not include data from patients with 
pancreatic or liver pathologies. wCVs in patients may differ from our wCVs due to 
various reasons, for example, patients may have biliary duct stents or other metal 
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devices that disrupt the DWI signal [48], underlining the need of investigating the 
reproducibility in a separate patient cohort. In addition, D* may be different in 
pathologies than in healthy tissue, and the effect of fixing D* to a reference value 
from healthy volunteers should be investigated in this case. Furthermore, the bias 
was deduced using surrogate reference values obtained from the full acquisition. 
Potentially, there are systematic errors in those reference values and, therefore, the 
true bias may be higher. However, as |ND| remains low for the acquisition schemes 
suggested, we can conclude that the increase in bias from the full data set to our 
optimized set, is small, and thus scanning longer will not decrease bias. Finally, our 
protocol only covered 84 mm in cranial-caudal direction, as the protocol was initially 
implemented for pancreas imaging. The liver is often larger in the cranial-caudal 
direction and increasing the number of slices, or the slice thickness is needed when 
the evaluation of the entire liver is desired.

In the literature, there are many different fitting algorithms used for the IVIM 
model, and the introduced reproducibility and bias in fit parameters will depend 
on the fitting algorithm [49]. Barbieri et al. [46] showed that a Bayesian probability 
based algorithm improves the reproducibility and decreases the bias of their IVIM 
fits. However, the behavior of fitting algorithms may also depend on the number 
of b-values and acquisitions per b-value used. This falls outside the scope of this 
research and we restricted ourselves to the Levenberg-Marquardt least squares fit, 
which is widely available.

To select the ideal settings for reproducible and unbiased IVIM modeling we 
selected an acquisition that was 20% less reproducible than the full acquisition. Other 
users may prefer other criteria that can lead to other ideal settings. With the use of 
the heat maps (see Supplementary Graphs, Supplemental Digital Content 2, http://
links.lww.com/RLI/A235 and Supplemental Digital Content 3, http://links.lww.com/
RLI/A236), ideal settings for each specific purpose can be deduced.

The bCVs found were similar to the wCVs of the full dataset. This suggests that 
typical differences between healthy volunteers are lower than the reproducibility of 
the acquisition protocol. Therefore, for pathologies to be detectable in single subjects 
with IVIM, the changes will need to be larger than the bCVs and wCVs found in this 
research, which, for some pathologies, is indeed the case. For instance, when the 
IVIM model is used for lesion classification in the pancreas, ƒ is 72% to 97% lower 
in pancreas carcinoma compared with healthy pancreas [5, 9], except in the case 
of neuroendocrine tumors, in which the IVIM model was not conclusive [9, 17]. In 
hepatocellular carcinoma, a decrease in ƒ of 64% on average was reported when 
compared with healthy liver tissue [8]. Besides, it was shown that ƒ changes by 79% 
between hypo-vascular and hyper-vascular hepatic focal lesions [10]. Moreover, 
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when compared with healthy liver tissue, D is higher by 5% to 29% in hepatocellular 
carcinoma, 10% in colorectal metastasis, 53% in hemangioma, and 120% in cysts [8, 
22, 23]. These values in majority lay above the bCVs and wCVs from our optimized 
acquisitions, so these pathologies may be detectable in individual patients using 
our IVIM protocol. It has also been shown that IVIM-like fits with only three b-values 
can offer diagnostic value in pancreas cancer patients [50]. Finally, in fibrotic liver, 
ƒ decreases 23% to 40% when compared with healthy livers, whereas D decreases 
7% to 18% [13, 14, 25]. These values are in the order of the bCVs and wCVs from our 
full acquisition for ROIlarge. Therefore, even though the IVIM model shows a difference 
between the healthy volunteer group and the patient group, it will be challenging to 
classify liver fibrosis for individual patients.

The scan times found in this research are shorter than scan times of typical 
clinical respiratory compensated scan protocols (mean: 8:30 minutes) [5, 6, 11, 13, 14, 
22, 25, 26]. In addition, scanning with the suggested b-values should perform better 
in terms of reproducibility than other protocols with identical acquisition time, but 
different b-values. Finally, our wCVs are lower than typical clinically relevant changes. 
Therefore, we believe that the protocol as presented here, with a known magnitude 
of bias and reproducibility, should help clinicians introduce DWI for IVIM modeling in 
the clinic.

Conclusion
Intravoxel incoherent motion model data can be obtained using 7 b-values and 6 
acquisitions per b-value when the entire organ is of interest, and with 7 b-values 
and 9 acquisitions per b-value when measuring in a lesion. For the liver, IVIM can 
be obtained using 3 b-values and 9 acquisitions per b-value. Using these settings, 
reproducibility decreased less than 20% from the full acquisition of 14 b-values and 9 
acquisitions per b-value. The understanding of the behavior of reproducibility and bias 
as a function of b-values and acquisitions per b-values scanned will help researchers 
select the shortest IVIM protocol.
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Supplemental Digital Content 1 
wCVs
The wCVs were calculated as defined by Barnhart et al. (2009), but as percentage: the 
within subject standard deviation divided by the mean parameter value multiplied by 
100%. The mean parameter value is averaged both over subjects and measurements. 
The within subject standard deviation was calculated as the root of the within subject 
mean of squares. The within subject mean of squares, in our situation, was the mean 
(over the volunteers) of the squared difference of the repeated measure divided by 
two. 

Supplemental Digital Content 2
Biexponential model, fixed D*
Intrasession
The mean parameter values for intrasession (Table 7.A), and thus used as reference 
values for ND, where similar to those for intersession (Table 7.2).

Table 7.A. Average value found for D, ƒ and D* over all volunteers using the full data set from the intrasession 
scans with D*-fixed and D*-free.

D*-fixed D*-free

Pancreas D±SD (10-3 mm2s-1) ƒ±SD (%) D±SD ƒ±SD D*±SD (10-3 mm2s-1)

ROIlarge 1.40±0.17 5.1±1.2 1.33±0.15 6.1±1.4 69.9±32

ROIsmall 1.32±0.16 5.9±3.0 1.23±0.14 7.3±3.3 112.9±126

Liver

ROIlarge 1.12±0.09 4.7±1.6 1.12±0.09 5.2±1.9 109.5±95

ROIsmall 0.10±0.14 5.0±1.4 1.04±0.15 5.4±1.2 212.1±151
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Figure 7.A. Heat maps of the intrasession wCVD plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. Heat maps are shown for the pancreas (left) and the 
liver (right) for several under sampling schemes per organ (low, high and random). Also, the wCV is plotted 
for ROIlarge (top row), and ROIsmall (bottom row). White voxels indicate that no value was obtained for this 
combination of b-values and averages. Color version is available at http://links.lww.com/RLI/A235.

Figure 7.B. Heat maps of the intrasession wCVƒ plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. The grouping in this figure is similar to Fig. 7.A. Color 
version is available at http://links.lww.com/RLI/A235.
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Figure 7.C. Heat maps of the intrasession NDD plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. The grouping in this figure is similar to Fig. 7.A. Color 
version is available at http://links.lww.com/RLI/A235.

Figure 7.D. Heat maps of the intrasession NDf plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. The grouping in this figure is similar to Fig. 7.A. Color 
version is available at http://links.lww.com/RLI/A235.
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Intersession
The intersession graphs for wCVs and NDs (Fig. 7.E-H) are similar to the intrasession 
graphs. The equivalent of Table 7.A for intersession is found as Table 7.1 in the main 
manuscript.

Figure 7.E. Heat maps of the Intersession wCVD plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. The grouping in this figure is similar to Fig. 7.A. Color 
version is available at http://links.lww.com/RLI/A235.

Figure 7.F. Heat maps of the Intersession wCVf plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. The grouping in this figure is similar to Fig. 7.A. Color 
version is available at http://links.lww.com/RLI/A235.
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Figure 7.G. Heat maps of the Intersession NDD plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. The grouping in this figure is similar to Fig. 7.A. Color 
version is available at http://links.lww.com/RLI/A235.

Figure 7.H. Heat maps of the Intersession NDf plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. The grouping in this figure is similar to Fig. 7.A. Color 
version is available at http://links.lww.com/RLI/A235.
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Supplemental Digital Content 3
Biexponential model, free D*
Intrasession
When D* was set as fitting parameter, the fitted value for D and ƒ, averaged over all 
volunteers, where similar to the fixed D* model when all b-values and measurements 
were taken along (Table 7.A-B). However, wCVs and NDs became worse, especially when 
data is deleted. Therefore, when precise IVIM model fitting with high reproducibility is 
desired with D* as fitting variable, longer acquisition times are required, in which more 
b-values and measurements per average are acquired than when D* is fixed.

Table 7.B. Inter- and intrasession coefficients of variation using 14 b-values and 9 measurements per 
b-value.

Intra Inter

Pancreas wCVD (%)	 wCVƒ (%) wCVD* (%) wCVD (%)	 wCVƒ (%) wCVD* (%)

ROIlarge 8 33 61 7 31 64

ROIsmall 14 40 123 11 29 134

Liver

ROIlarge 10 45 133 12 47 150

ROIsmall 16 51 88 13 34 77

Figure 7.I. Heat maps of the intrasession wCVD plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. D* was set as a variable instead of a constant in the fits. 
The grouping in this figure is similar to Fig. 7.A. Color version is available at http://links.lww.com/RLI/A236.
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Figure 7.J. Heat maps of the intrasession wCVƒ plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. D* was set as a variable instead of a constant in the fits. 
The grouping in this figure is similar to Fig. 7.A. Color version is available at http://links.lww.com/RLI/A236.

Figure 7.K. Heat maps of the intrasession wCVD* plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. The grouping in this figure is similar to Fig. 7.A. Color 
version is available at http://links.lww.com/RLI/A236.
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Figure 7.L. Heat maps of the intrasession NDD plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. D* was set as a variable instead of a constant in the fits. 
The grouping in this figure is similar to Fig. 7.A. Note the change in scale when compared to Figs C and G. 
Color version is available at http://links.lww.com/RLI/A236.

Figure 7.M. Heat maps of the intrasession NDf plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. D* was set as a variable instead of a constant in the fits. 
The grouping in this figure is similar to Fig. 7.A. Note the change in scale when compared to Figs D and H. 
Color version is available at http://links.lww.com/RLI/A236.
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Figure 7.N. Heat maps of the intrasession NDD* plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. The grouping in this figure is similar to Fig. 7.A. Color 
version is available at http://links.lww.com/RLI/A236.

Intersession
Intersession wCVs and NDs show similar behavior as the intrasession versions 
(Fig. 7.O-T). When 20% larger wCVs are allowed, precise IVIM model fits with high 
reproducibility for ROIlarge can be done in 8 minutes for the pancreas using 12 b-values 
and 8 acquisitions per b-value and 5:30 minutes for the liver using 9 b-values and 
6 acquisitions per b-value. For ROIsmall it can be done in 8 minutes for the pancreas 
using 12 b-values and 8 acquisitions per b-value and 5:15 minutes for the liver using 
9 b-values and 7 acquisitions per b-value (Fig. 7.U).

Figure 7.O. Heat maps of the Intersession wCVD plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. D* was set as a variable instead of a constant in the fits. 
The grouping in this figure is similar to Fig. 7.A. Color version is available at http://links.lww.com/RLI/A236.
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Figure 7.P. Heat maps of the Intersession wCVƒ plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. D* was set as a variable instead of a constant in the fits. 
The grouping in this figure is similar to Fig. 7.A. Color version is available at http://links.lww.com/RLI/A236.

Figure 7.Q. Heat maps of the Intersession wCVD* plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. The grouping in this figure is similar to Fig. 7.A. Color 
version is available at http://links.lww.com/RLI/A236.
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Figure 7.R. Heat maps of the Intersession NDD plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. D* was set as a variable instead of a constant in the fits. 
The grouping in this figure is similar to Fig. 7.A. Note the change in scale when compared to Figs 7.C and 7.G. 
Color version is available at http://links.lww.com/RLI/A236.

Figure 7.S. Heat maps of the Intersession NDƒ plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. D* was set as a variable instead of a constant in the fits. 
The grouping in this figure is similar to Fig. 7.A. Note the change in scale when compared to Figs 7.D and 7.H. 
Color version is available at http://links.lww.com/RLI/A236.
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Figure 7.T. Heat maps of the Intersession NDD* plotted as function of the number of acquisitions per b-value 
(x-axis) and number of b-values (y-axis) taken along. The grouping in this figure is similar to Fig. 7.A. Color 
version is available at http://links.lww.com/RLI/A236.

Figure 7.U. Plots of the scan times as function of additional relative error on intersession wCV using the 
ROIlarge (left) and ROIsmall (right).
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Supplemental Digital Content 4
Simulations
To study the behavior of the fit parameters as a function SNR, we used simulations 
in Mathematica (Wolfram Research, Champaign, IL). We simulated typical IVIM-data 
using all b-values from this research and the parameters found from the fit to all 
volunteer data (pancreas, ROIlarge). Gaussian noise was added to the data for several 
SNR values (range 2–100). Then, we fitted the IVIM model to the data. This procedure 
was repeated 1000 times and the mean IVIM model parameters per SNR level were 
calculated and plotted as a function of SNR (Fig. 7.V). It is clear that systematic errors 
are introduced at low SNR.

Figure 7.V. IVIM model parameter values from fits on simulated data, as a function of SNR. The stripe 
indicates the reference value used in the simulation. Note that D* is plotted on a logarithmic scale.
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Abstract
Purpose: To compare the performance of six intravoxel incoherent motion (IVIM) 
model fitting algorithms and seven diffusion-weighted imaging (DWI) models for 
pancreatic cancer imaging.
Methods: The local medical ethics committee approved this prospective study. 
Patients gave written informed consent. Between October 2014 and March 2016, 
diffusion-weighted imaging (DWI) data were acquired in 14 pancreatic cancer patients 
(mean age: 68 years old) during two visits. For six IVIM fit algorithms (IVIM-free, IVIM-
adaptive, IVIM-Bayesian-log, IVIM-Bayesian-lin, IVIM-MLE and IVIM-fixed) and seven 
DWI models (IVIM, mono-exp, mono-exp-2, tri-exp, stretched-exp, Gaussian and 
kurtosis) the (a) goodness of fit (represented by adjusted R2); (b) uniqueness of fit 
parameters (Spearman’s rho); (c) precision (within-subject coefficient of variation, 
wCV); and (d) contrast between tumor and non-tumorous pancreatic tissue were 
assessed. A Wilcoxon signed-rank test (α = 0.05) was performed between the best 
scoring parameter and remaining parameters (a, c, d), both for fit algorithms and DWI 
models.
Results: IVIM-Bayesian-lin and IVIM-fixed were overall the best IVIM fit algorithms. 
From the DWI models, Gaussian, kurtosis and monoexponential scored poorest. 
Excluding those, DWI models had high goodness of fit (a: R2 > 0.93) and unique 
parameters (b). The perfusion fraction ƒ2 (tri-exp) had significantly higher tumor 
contrast (d) than all other parameters. Only the stretched-exp model had two precise 
(c: wCV < 15%) parameters, of which its perfusion-related parameter was significantly 
more precise than all other perfusion-related parameters. 
Conclusion: IVIM-Bayesian-lin and IVIM-fixed are the best fit algorithms. The IVIM 
model scored relatively high in all tests, but for specific purposes, other models may 
be preferred.
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Introduction
The intravoxel incoherent motion (IVIM) model for diffusion-weighted imaging 
(DWI) data obtained by magnetic resonance imaging (MRI) bears much promise as 
a tool to visualize tumors and monitor treatment response (e.g., in radiotherapy or 
chemotherapy) [1-3]. Contrary to the classical DWI model, in which signal attenuation 
is modeled monoexponentially as a function of diffusion-weighting (b-value), the IVIM 
model predicts a biexponential decay, probing both tissue diffusion and perfusion. 
Since the introduction of the IVIM model [4], the non-monoexponential behavior of 
DWI data in the pancreas was confirmed in multiple studies [1-3] and related to the 
interplay between diffusion and perfusion [5, 6]. Consequently, the IVIM model has 
been used to distinguish pancreatic cancer and surrounding tissue [3], characterized 
lesions in the pancreas [1, 2] and enabled treatment response monitoring in various 
other organs [7, 8].

Due to the limited precision of the IVIM parameters [9], multiple algorithms have 
been used to fit IVIM data. It was shown in simulations and healthy volunteer data 
that a Bayesian fit gives the most accurate and precise results in abdominal tissue 
[10]. However, thus far no analyses were done in pancreatic cancer patients. In these 
patients, fitting the data may be more challenging due to the limited size of the tumor 
compared to the entire organ, less perfusion [1-3], and echo planar imaging (EPI) 
artifacts that occur as a result of e.g. intratumoral fiducials [11] or biliary stents [12] 
close to the tumor.

The IVIM model is an approximation of the signal decay [13], and some of the 
assumptions underlying the IVIM model are not met in the pancreas [14]. Incoherent 
dephasing spins that result from different blood flow velocities within larger vessels 
can necessitate a third exponent in the IVIM model. Furthermore, rather than discrete 
(pseudo-) diffusion speeds, as used in the IVIM model, a smooth distribution of 
diffusion coefficients, reflecting the variation in cell sizes and vessel lengths within 
the voxel may be modeled. This was done in the stretched exponential [15] and 
Gaussian models [16].

Currently, there is no consensus on which fit algorithm for IVIM modeling and 
which DWI model should be used for different applications. We hypothesize that less 
common algorithms and fit models may outperform the most commonly used least 
squares fit of the mono-exponential and IVIM models for specific purposes. Hence, 
the objective of this exploratory study was to compare the performance of six IVIM 
model fitting algorithms and seven DWI models for pancreatic cancer imaging.
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Materials and Methods
This prospective study (NCT01995240) was approved by the local ethics committee, 
and all patients gave written informed consent. Inclusion criteria were: locally 
advanced or metastatic pancreatic ductal adenocarcinoma, normal kidney function 
(eGFR > 60 mL/min/1.73m2) and no contraindication to undergoing MRI scanning. 
Sixteen consecutive patients fulfilling these criteria and willing to participate 
were included. Patients were scanned on a 3 T scanner (Philips Ingenia, Best, The 
Netherlands) between October 2014 and March 2016 at the Academic Medical Center 
in Amsterdam. One patient dropped out between scan sessions, and for one patient, 
the scans were stopped due to patient discomfort. Thus, data from fourteen patients 
were analyzed (eight females, mean age 67 years old, range 52–78, six males, mean 
age 70 years old, range 56–77). Data from nine of these patients were published 
previously [17].

Data acquisition
All patients were scanned three times during two separate sessions (average: 4.5 
days apart, range: 1–8 days). To minimize bowel motion hyoscine bromide (Buscopan, 
Boehringer, Ingelheim, Germany; 20 mg IV) was administered directly before the first 
DWI acquisition in each session. The data from the acquisition without administration 
of hyoscine bromide were used for the intra-session analysis only.

For each patient, we acquired 2D multi-slice diffusion-weighted EPI data and 
contrast-enhanced (CE) T1-weighted multi-echo spoiled gradient echo (T1W GE) data 
with Dixon reconstruction (see Table 8.1 for detailed imaging parameters). The T1W 
GE data were acquired 35 seconds after Gadovist 1.0 (Bayer Healthcare, Leverkusen, 
Germany) administration (0.1ml/kg; 5ml/s, followed by 15 ml saline flush). Per b-value, 
data were acquired in isotropic distributed directions.

Post processing
All data analyses, fitting and statistical tests were performed in Matlab 2013a 
(MathWorks, Natick, U.S.A.), except for the IVIM-Bayesian-log fit, which was 
implemented in DTITools for Mathematica [18], Mathematica 10.4.1 (Wolfram 
Research, Champaign, U.S.A.).

All DWI images were denoised using a Rician adaptive non-local means filter [19] 
and registered in Elastix [20, 21] (Appendix I for details). 

First, we tested the most common fitting algorithms for the IVIM model: IVIM-
free, IVIM-adaptive [22], IVIM-Bayesian-log [23, 24], IVIM-Bayesian-lin [10], IVIM-MLE 
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[25] and IVIM-fixed (Appendix II for details). All IVIM model fit algorithms converted 
the IVIM signal fractions into volume fractions [6], using a TE = 45 ms and assuming a 
TR = 5000 ms (typical respiratory cycle), T1 = 725 ms and T2 = 43 ms for the pancreas 
and T1 = 1932 ms and T2 = 275 ms for blood [26, 27].

Then, we tested six additional common DWI models using the Levenberg-
Marquardt least squares fit: the mono-exp, mono-exp-2, tri-exp, stretched-exp, 
Gaussian and kurtosis model (Appendix II for details). These were also compared to 
the two Levenberg-Marquardt least squares IVIM fits: IVIM-free and IVIM-fixed.

An abdominal radiologist (M.R.W.E., 9 years’ experience) and an abdominal imaging 
researcher (R.K. 3 years’ experience) drew regions of interest (ROIs) in consensus 
using 3D Slicer [28]. For each patient, two ROIs were created, one containing 
pancreatic tumor tissue and one containing non-tumorous pancreatic tissue. The 
ROIs were drawn on an ADC-map, generated from b = 0 mm-2s and 600 mm-2s, under 
the guidance of CE T1W GE images. The mean value of the voxel-wise fits within the 
ROIs was calculated. 

Table 8.1. Sequence parameters.

DWI T1W GE

FOV (RL × AP) (mm2) 432 × 108 400 × 353

Acquisition matrix 144 × 34 236 × 208

Slices 18 56

Slice thickness/gap (mm) 3.7/0.3 1.7/—

TR1/TE/∆TE (ms) > 2200/45/— 4.7/1.15/1.0

FA (°) 90 10

BW (Hz/voxel) 59 (phase direction) 1602 (frequency)

Parallel imaging 1.3 (AP) 2/1.5 (RL/AP)

Partial Fourier 0.8 no

Respiratory compensation Respiratory trigger (navigator) 1 breath-hold

Fat saturation Gradient reversal during slice 
selection + SPIR

Dixon reconstruction

b-values (mm-2s) and 
directions/averages between 
brackets

0 (15), 10 (9), 20 (9), 30 (9), 40 (9), 
50 (9), 75 (4), 100 (12), 150 (4), 250 
(4), 400 (4) and 600 (16)

1TR of the DWI acquisition was determined by the respiratory trigger interval, but it was at least 2200 ms. 
Abbreviations: DWI = diffusion-weighted imaging; FOV = Field of view; RL = right–left; AP = anterior–posterior; 
TR = repetition time; TE = echo time; ∆TE = increase in echo time; FA = flip angle; BW = bandwidth per voxel; 
SPIR = spectral presaturation with inversion recovery. 
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Comparison of methods
We quantitatively evaluated the performance of fitting algorithms and models 
considering the following four factors: the goodness of fit, the uniqueness of the fit 
parameters, the precision, and the fit parameters’ contrast between tumor and non-
tumorous pancreatic tissue.

Goodness of fit
For all models fitted with the Levenberg-Marquardt least squares fit, we took the 
mean adjusted R2 from both ROIs as a measure for goodness of fit.

Uniqueness
For the IVIM fit algorithms and the multi-parametric DWI model, we used a Spearman’s 
rank correlation test between the fit parameters to examine the unique nature of the 
fit parameters (significance level α = 0.05). Fit parameter combinations with significant 
Spearman’s rho indicate that measuring both parameters has limited added value. For 
this purpose, the fit parameters were averaged over the three acquisitions per patient. 

Precision
From the repeated measures we calculated the inter- and intra-session within-subject 
coefficient of variation (wCV) of the tumor ROI as a measure of precision [29]. 

Tumor contrast
We tested whether parameter values from the tumor ROI (averaged over the three 
acquisitions per patient) were different from the values in non-tumorous pancreatic 
tissue (Wilcoxon signed-rank test; significance level α = 0.05). Also, we calculated 
the contrast between tumor and non-tumorous pancreatic tissue. Per patient, the 
contrast was defined as the difference in parameter value of tumor and non-tumorous 
pancreatic tissue divided by the mean parameter value of both tissues multiplied by 
100%. Finally, we plotted precision (wCV) as a function of contrast.

Statistical analyses
A Wilcoxon signed-rank test over the patient pairs was performed to determine 
which models had significantly lower adjusted R2 compared to the model with highest 
adjusted R2, both for tumor and non-tumorous pancreatic tissue (significance level 
α = 0.05). For wCV and contrast, tests were performed to compare the results between 
the different IVIM fit algorithms as well as between the different DWI models (all 
Levenberg-Marquardt least squares fits, including IVIM-free and IVIM-fixed). For the 



187

BEST FITS FOR DWI

8

IVIM fit algorithms, tests were performed per parameter (D, ƒ, D*). For the DWI models, 
parameters were split into two groups: diffusion-related parameters (D, ADC, ADCslow, 
DDC, MADC, Dapp) and perfusion-related parameters (ƒ, ƒ1, ƒ2, D*, α, σADC, Kapp). Tests were 
done between the best parameter of a group and the remaining parameters. To test 
whether parameters had higher wCV than the best parameter, a Wilcoxon signed-rank 
test was performed over the squared differences of the repeated measure (m1 and 
m2), divided by the squared mean (μ) of the population for that parameter: (m1−m2)

2/μ2 
(significance level α = 0.05). To test whether parameters had lower contrast than the 
best parameter, a Wilcoxon signed-rank test was performed over the contrast per 
patient (significance level α = 0.05). Due to the exploratory nature of this research, no 
post hoc corrections were applied to the statistical tests presented.

Results
In two out of forty-two acquisitions it was not possible to delineate the tumor. 
Therefore, intra-session wCVs were determined using twelve patients. In one patient, 
no non-tumorous pancreatic tissue was present in the images. Therefore, tumor 
contrast was only based on thirteen patients. The mean mask sizes were 7.6 cm3 
(= 210 voxels, range 3.0–23.5 cm3) for the tumor ROIs and 4.2 cm3 (= 118 voxels, range 
1.3–8.1 cm3) for the non-tumorous pancreatic tissue ROIs. 

Figure 8.1. The normalized mean signal, averaged over all acquisitions, plotted as a function of the full range 
of b-values (left) and zoomed at low b-values (right) for signal from tumor (red) and pancreatic (green) ROIs. 
The lines indicate monoexponential fits over range b = 150-600 mm-2s (dotted), b = 10–150 mm-2s (striped) 
and, only for pancreatic tissue, b = 0–10 mm-2s (solid). The figure shows that the classical IVIM-model does 
not fully describe the DWI data, in particular in pancreatic tissue. 
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Figure 8.1 highlights that the two exponents of the IVIM-model are insufficient to 
fully describe the DWI data, in particular in non-tumorous tissue, and underlines the 
importance of comparing several competing models. Parameter maps were generated 
for all fit algorithms and DWI models and shown in Fig. 8.2. 

Figure 8.2. Axial parameter maps of the fit parameters of two IVIM model fit algorithms and seven DWI models 
in a 74 year-old female with pancreatic adenocarcinoma. ROIs containing diffusely growing pancreatic tumor 
infiltrating the adrenal gland (red) and pancreatic tissue in the pancreatic tail (green) are shown. The CE T1W 
GE is added as a reference. 
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Goodness of fit
The goodness of fit in tumor tissue was highest for the stretched-exp model (adjusted 
R2 = 0.96; Fig. 8.3). However, all models had adjusted R2 > 0.93 in tumor tissue. In 
non-tumorous pancreatic tissue the IVIM-free model had highest adjusted R2 (0.94). 
Mono-exp, Gaussian and Kurtosis models had significantly lower adjusted R2 in tumor 
as well as non-tumorous tissue and, in particular, they had adjusted R2 < 0.90 in non-
tumorous pancreatic tissue.

Figure 8.3. The mean adjusted R2 in tumor (red) and pancreatic (green) tissue as a measure of goodness of 
fit. Bars indicate the standard deviation between patients. Lines indicate significant differences (*: p < 0.05, 
**: p < 0.01) between the model with highest adjusted R2 in tumor (red) and pancreatic (green) tissue and the 
connected model. The p-values are given in Table 8.D from the Appendix IV.

Figure 8.4. Plots of the wCV as a function of contrast between tumor and pancreatic tissue for the diffusion-
related parameter (purple) and other fit parameters (orange, teal). 
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Uniqueness
Except for D & D* and ƒ & D* of IVIM-adaptive, IVIM-Bayesian-log and IVIM-Bayesian-
lin, there were no significant correlations between fit parameters (Table 8.2). The 
weakest correlations were found in the tri-exp model.

Precision
The inter-session wCVs were on average 30% larger than the intra-session wCVs 
(Table 8.3 and Table 8.C from Appendix III), indicating a larger test-retest variation 
when scans are repeated on separate days than in the same session. From the IVIM 
fit algorithms, IVIM-Bayesian-lin had most repeatable ƒ and D*, and the wCV for D 
was not significantly worse than the best wCV for D (IVIM-fixed). IVIM-fixed had most 
repeatable D, and its ƒ was not significantly worse than ƒ of the IVIM-Bayesian-lin. 
From the DWI models, D of IVIM-fixed had overall best wCV (6.7%) from the diffusion-
related parameters and was significantly lower than D of IVIM-free, MADC and Dapp. From 
the perfusion-related parameters α of the stretched-exp model was lowest (14.4%) 
and significantly better than all other perfusion-related parameters. The stretched-
exp model was the only model that produced good wCV (< 15%) for both parameters. 

Table 8.2. Uniqueness.

Spearman’s rho

D & ƒ D & D* ƒ & D*

IVIM-free -0.09 0.45 0.24

IVIM-adaptive 0.12 0.57* 0.59*

IVIM-Bayesian-log -0.48 0.68* -0.81*

IVIM-Bayesian-lin 0.45 0.61* 0.67*

IVIM-MLE 0.10 0.37 0.47

IVIM-fixed 0.22

ADCslow & ADCfast

Mono-exp-2 0.42

D & ƒ1 D & ƒ2 ƒ1 & ƒ2

Tri-exp 0.08 0.18 0.01

DDC & α

Stretched-exp -0.36

MADC & σADC

Gaussian -0.36

Dapp & Kapp

Kurtosis 0.34

* = significant correlation (p < 0.05)
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Table 8.3. Precision of parameters and contrast.

Inter-session wCV Contrast (%)

Fit algorithms D ƒ D* D ƒ D*

IVIM-free 10.0* 40.9 50.5** 0.7 56.7** 50.5

IVIM-adaptive 8.5* 34.4 51.9* 2.7 70.8** 52.9
IVIM-Bayesian-log 12.6 52.2 * 159.4* 4.3 30.8** 36.4

IVIM-Bayesian-lin 7.2 25.7 24.2 4.7 93.7 17.2**

IVIM-MLE 8.4* 35.8 52.7* 4.3 61.0** 47.8

IVIM-fixed 6.7 28.7 0.9 87.8**

DWI models (least 
squares fits)

Diffusion- 
related

Perfusion-related Diffusion- 
related

Perfusion-related

D ƒ D* D ƒ D*

IVIM-free 10.0* 40.9** 50.5** 0.7 56.7** 50.5**

IVIM-fixed 6.7 28.7* 0.9 87.8**

ADC ADC

Mono-exp 7.7 10.9

ADCslow ADCfast ADCslow ADCfast

Mono-exp-2 8.83 20.61* 2.0** 45.4**

D ƒ1 ƒ2 D ƒ1 ƒ2

Tri-exp 7.6 63.2* 36.7* 1.4** 36.7** 105.8
DDC α DDC α

Stretched-exp 8.0 14.4 13.9** 22.0**

MADC σADC MADC σADC

Gaussian 37.6** 35.6** 36.9 47.3**

Dapp Kapp Dapp Kapp

Kurtosis 15.0* 36.9** 30.2* 24.6**

For both the diffusion-related parameter group as the perfusion-related parameter group, the parameter with 
lowest wCV is printed bold. Stars in indicate the parameters that were significantly (*: p < 0.05, **: p < 0.01) 
worse than the best scoring parameter of the five groups (D, ƒ, and D* for the algorithms; diffusion-related 
and perfusion-related for fit models). The p-values are reported in Table 8.E and 8.F from the Appendix IV. 
Abbreviations: wCV = within-subject coefficient of variation

Tumor contrast	
Each fit method and algorithm, except for mono-exp, had at least one parameter 
that differed significantly between the tumor and non-tumorous pancreatic tissue 
(Table 8.4). From the fit algorithms, IVIM-Bayesian-lin was most promising, with a 
perfusion fraction that had significantly more contrast (contrast = 93.7%) than all 
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other algorithms (Table 8.3). From the DWI models, the greatest contrast (105.8%) 
was observed in ƒ2 of the tri-exp model, which was significantly larger than all other 
parameters (Table 8.3). Generally, parameters that showed a larger contrast between 
tumor and non-tumorous pancreatic tissue also had high wCVs (Fig. 8.4). However, 
the three parameters with the largest contrast (ƒ: IVIM-Bayesian-lin; ƒ: IVIM-fixed; ƒ2: 
tri-exp) had a relatively low wCV compared to their high contrast.

Finally, the results of all five tests are visually summarized in Fig. 8.5.

Table 8.4(a). Parameter values in tumor tissue.

Tumor tissue

D (10-3 mm2s-1) ƒ (%) D* (10-3 mm2s-1)

IVIM-free 1.38±0.14 4.98±1.04** 56.9±16.6**

IVIM-adaptive 1.41±0.14 3.94±1.04** 58.0±17.4**

IVIM-Bayesian-log 1.36±0.13 7.56±2.09* 208.2±106.9

IVIM-Bayesian-lin 1.41±0.14 2.56±0.81** 83.5±10.2**

IVIM-MLE 1.43±0.15 4.42±0.99** 61.1±17.1**

IVIM-fixed 1.50±0.15 2.60±0.75**

ADC (10-3 mm2s-1)

Mono-exp 1.60±0.16

ADCslow (10-3 mm2s-1) ADCfast (10-3 mm2s-1)

Mono-exp-2 1.42±0.14 2.05±0.35**

D (10-3 mm2s-1) ƒ1 (%) ƒ2 (%)

Tri-exp 1.42 ±0.14 5.65±1.73* 3.24±1.27**

DDC (10-3 mm2s-1) α

Stretched-exp 1.60±0.18* 0.92±0.08**

MADC (10-3 mm2s-1) σADC (10-3 mm2s-1)

Gaussian 0.87±0.22 1.68±0.33**

Dapp (10-3 mm2s-1) Kapp

Kurtosis 2.17±0.26** 0.91±0.16

Mean value±standard error (1.96 × SD/√n; n = 14 for tumor, n = 12 for pancreatic). * = significantly (p < 0.05) 
different from pancreatic tissue (Wilcoxon signed-rank test on individual patients). ** = significantly (p < 0.005) 
different from pancreatic tissue. The p-values are reported in Table 8.E from the supplemental materials III.
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Table 8.4(b). Parameter values in pancreatic tissue.

Pancreatic tissue

D (10-3 mm2s-1) ƒ (%) D* (10-3 mm2s-1)

IVIM-free 1.40±0.12 8.22±1.09 93.6±21.3 

IVIM-adaptive 1.45±0.11 7.31±1.04 98.1±21.3 

IVIM-Bayesian-log 1.43±0.12 8.89±1.49 246.3±111.1

IVIM-Bayesian-lin 1.46±0.12 6.38±1.10 101.2±13.4 

IVIM-MLE 1.49±.13 7.57±1.01 99.2±21.4

IVIM-fixed 1.51±0.12 6.12±1.03 

ADC (10-3 mm2s-1)

Mono-exp	 1.75±0.19

ADCslow (10-3 mm2s-1) ADCfast (10-3 mm2s-1)

Mono-exp-2 1.44±0.13 3.05±0.29

D (10-3 mm2s-1) ƒ1 (%) ƒ1 (%)

Tri-exp 1.41±0.12 7.28±2.27 9.74±2.47

DDC (10-3 mm2s-1) α

Stretched-exp 1.83±0.23 0.74±0.06

MADC (10-3 mm2s-1) σADC (10-3 mm2s-1)

Gaussian 0.59±0.14 2.51±0.44

Dapp (10-3 mm2s-1) Kapp

Kurtosis 2.83±0.30 1.10±0.12

Mean value±standard error (1.96 × SD/√n; n = 14 for tumor, n = 12 for pancreatic)

Discussion
We evaluated the performance of the six most common IVIM model fit algorithms 
and seven DWI models in patients with pancreatic cancer by assessing the goodness 
of fit, the uniqueness and precision of the fit parameters, and the contrast between 
tumor and non-tumorous pancreatic tissue. Among the IVIM fit algorithms, the IVIM-
Bayesian-lin and IVIM-fixed perform best as they exhibit the highest precision and 
best contrast for the perfusion parameter ƒ. Among the models, the IVIM model scored 
relatively high in all tests, but for specific purposes (e.g. diagnostics and treatment 
response monitoring) other models may be preferred. 
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IVIM fit algorithms
From the fit algorithms tested, IVIM-Bayesian-lin performed best considering 
precision and tumor contrast. IVIM-Bayesian-lin showed the highest precision for  
ƒ and D* compared to the other algorithms, and the precision on D was not significantly 
lower than for the algorithm with the highest precision (IVIM-fixed). Furthermore, the 
contrast between tumor and non-tumorous pancreatic tissue generated by ƒ was 
significantly higher than in all other algorithms. These findings are in agreement 
with earlier published simulations and volunteer measurements [10]. However, IVIM-
Bayesian-lin is not widely implemented. Also, the uniqueness of fit parameters was 
poor for all three combinations of parameters in both Bayesian approaches. Therefore, 
IVIM-fixed may be a good alternative. IVIM-fixed showed the highest precision of D, 
and the precision in ƒ had second to best precision, which was not significantly worse 
than IVIM-Bayesian-lin. A disadvantage of IVIM-fixed is that no information on D* is 
obtained. However, all algorithms had strong correlations between D* and the other 
fit parameters, which implies a limited added value of D*. 

DWI models
The mono-exp, Gaussian, and kurtosis models overall scored poorly. This is 
explained by the fact that these models are unable to capture differences in the non-
monoexponential behavior which separates tumour and non-tumorous pancreatic 
tissue. Therefore, these models had significantly lower adjusted R2 compared to the 
DWI models with highest adjusted R2, both in tumor and non-tumorous pancreatic 
tissue. As the kurtosis model and Gaussian model were not developed to describe 
DWI data from b-values < 150 mm-2s, it is interesting that they both had parameters 
that differed significantly between tumor and non-tumorous pancreatic tissue.

Overall, the IVIM model performed well, but for specific purposes, other models 
may be preferred. For diagnostics, when the goal is to distinguish between pancreatic 
tumors and non-tumorous pancreatic tissue, the model parameter with the highest 
contrast is preferred. We found that, in general, an increase in contrast came at the 
cost of a decrease in precision. However, for the parameters with highest contrast, 
the perfusion parameters of tri-exp (ƒ2), IVIM-fixed (ƒ) and IVIM-Bayesian-lin (ƒ), the 
increase in tumor contrast was to a much lesser extent accompanied by low precision. 
The ƒ2 parameter of tri-exp had significantly higher contrast than all other parameters, 
though the contrast of f of IVIM-fixed and IVIM-Bayesian-lin was still less than 20% 
lower. Therefore, these parameters are best at distinguishing between pancreatic 
tumors and non-tumorous pancreatic tissue. 



195

BEST FITS FOR DWI

8

IVIM-free (D, f) 0.94 0.09 10 1 41 57 
IVIM-adaptive (D, f) 0.12 9 3 34 71 

IVIM-Bayesian-log (D, f) 0.48 13 4 52 31 
IVIM-Bayesian-lin (D, f) 0.45 7 5 26 94 

IVIM-MLE (D, f) 0.1 8 4 36 61 
IVIM-fixed (D, f) 0.94 0.22 7 1 29 88 

IVIM-free (D, f) 0.94 0.09 10 1 41 57 
IVIM-fixed (D, f) 0.94 0.22 7 1 29 88 
Mono-exp (ADC) 0.88 8 11 

Mono-exp-2 (ADCslow, ADCfast) 0.01 9 2 21 45 
Tri-exp (D, f2) 0.94 0.36 8 1 37 106 

Stretched-exp (DDC, α) 0.93 0.36 8 14 14 22 
Gaussian (MADC, σADC) 0.89 0.34 38 37 36 47 

Kurtosis (Dapp, Kapp) 0.90 0.42 15 30 37 25 
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Figure 8.5. Summary of the results. The left column shows the goodness of fit represented by the adjusted 
R2 from pancreatic tissue. The second column shows the uniqueness in tumor tissue, represented by 
the absolute value of Spearman’s rho between the two parameters described in the remaining columns, 
illustrating the added value of the additional parameter. The third and fourth columns show the precision 
and tumor contrast of diffusion-related parameters D, ADC, ADCslow, DDC, MADC, and Dapp. The fifth and sixth 
columns show the precision and tumor contrast of ƒ, ADCfast, ƒ2, α, σADC, and Kapp. Precision is represented by 
wCV. In the goodness of fit, precision and tumor contrast columns, the best scoring parameter is underlined, 
and parameters that were not statistically worse are bold. 

For treatment evaluation and response monitoring, two aspects must be taken into 
account. First, the relevant model parameter needs to be measured with high precision 
and hence a low wCV. Second, there should be a change in the parameter of interest 
as a result of the treatment. The parameters with lowest wCV was D of the IVIM-fixed 
model, which is a diffusion related parameter. Tissue diffusion has been reported as 
a good biomarker for treatment response for e.g. chemotherapy of colorectal hepatic 
metastasis [30]. The wCV of D of IVIM-fixed was not significantly lower than wCV of 
many other diffusion related parameters: D (IVIM-Bayesian-lin, IVIM-Bayesian-log, tri-
exp), ADC (mono-exp), ADCslow (mono-exp-2) and DDC (stretched-exp). Consequently, 
several models can be used if diffusion is used as biomarker for treatment response. 
Perfusion-related parameters may be more sensitive to probe angiogenic changes as 
a result of therapy [7, 8]. In such a situation, ƒ (IVIM) would be the most straightforward 
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to use, as it directly relates to a perfusing blood fraction. Still, one should be aware 
of the limited precision of most perfusion-related parameters. The latter is not the 
case for the parameter α of the stretched-exp model. This parameter is related to 
the non-monoexponential behavior of the data as induced by perfusion. Furthermore, 
it had significantly lower wCV than all perfusion-related parameters. Unfortunately, 
there is no straightforward connection between α and physical perfusion parameters. 
Nevertheless, changes in α should relate to angiogenic changes and thus α may be 
a good candidate to monitor angiogenic changes. Hence, the stretched-exp model 
could be most useful for treatment response monitoring with two precise parameters 
(DDC and α) probing both diffusion and perfusion effects. This is confirmed by the 
findings by Orton et al. [31].

Limitations
A limitation of this study is that the ROI delineations were based on CE T1W GE and 
ADC-maps from b = 0 and 600 mm-2s. Therefore, the ROI contained regions with low 
perfusion (CE T1W GE, ADC-map) and, potentially, diffusion restriction (ADC-map), 
which might have biased our perfusion measurements in tumors, compared to non-
tumorous pancreatic tissues. However, so far, this is considered the best way to 
delineate pancreatic tumors. 

We realize that with the inclusion of 14 patients, the accuracy of the estimation 
of the wCV is moderate (95% confidence interval is still 35% of the SD for n = 14). We 
believe that for comparing the different algorithms and models this number suffices, 
especially due to the paired nature of the comparison.

In this study, we chose to assess multiple fit algorithms only for the IVIM model 
and not for the other models. This focus is justified by the fact that currently IVIM 
is the most widely used model for DWI data next to the monoexponential model. In 
addition, for the other DWI models alternative fit algorithms have not been widely 
used previously. Potentially, the other models may also improve to some extent if 
alternative fits are used. 

Conclusion
When IVIM modeling of DWI data from pancreatic cancer patients is desired, there 
are two preferred options: IVIM-Bayesian-lin and IVIM-fixed. Overall, the IVIM model 
scored well but, depending on the application, it may be useful to also consider the 
triexponential model (promising for tumor detection) or stretched exponent model 
(treatment response monitoring). 
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Appendix I
DWI was acquired using respiratory triggering. All slices of the volume were acquired 
during one trigger to avoid inter-trigger mismatches between slices of one single 
volume (one b-value in one diffusion direction). This approach resulted in long 
acquisition periods each trigger (1.8 s). Patients were instructed to hold their breath 
during the typical noise produced by the EPI readout and to breathe freely during the 
navigator acquisition to minimize intra-trigger respiratory motion. 

All DWI images were denoised using a Rician adaptive non-local means filter [19], 
with a search radius of three voxels and a patch radius of one voxel. The images 
were registered using a two-step approach in Elastix [20]. First, a reference image 
was created by averaging at least five manually selected acquisitions from the same 
respiratory position. To correct for bulk displacements between acquisitions, we 
performed a mutual information based rigid Euler transformation on each b-value to 
this reference image. The second step used a non-rigid b-spline registration based 
on mutual information to adjust for further deformations. During this step, we used 
two registration approaches: a single group-wise 4D [21] registration, or multiple 3D 
registrations for each b-value. We manually selected the registration approach that 
resulted in the most stable anatomy across the images acquired at different b-values 
and gradient directions. 

Appendix II
Details on the IVIM fit algorithms are described in Table 8.A. Details of the fit models 
and their constraints are described in Table 8.B. For the tri-exp model, the pseudo-
diffusion coefficients D*1 and D*2 were fixed to 0.014 and 0.093 mm2s-1 (based on 
healthy pancreatic data in 16 volunteers, data not shown). Note that S0 was fitted too, 
instead of fixed to value from the b = 0 mm-2s acquisition. However, results of S0 were 
not analyzed and S0 further.

Per b-value we averaged the data to increase fitting speed. The mean data from 
b-values obtained in 4, 9, 12, 15 and 16 directions were weighted 1, 2, 3, 4 and 4 times 
during the fit, respectively. All fits were done voxel-wise.

Voxels with IVIM model parameter ƒ > 25% contained mainly large vessels with 
instantaneous signal decay, which greatly influences ƒ and D* in the IVIM model [9]. 
For this reason, we removed voxels with ƒ > 25% when determining mean ƒ and D* 
from the IVIM algorithms. In addition, when ƒ < 1%, there is too little perfusion signal 
to determine D*. Therefore, only signal from voxels with ƒ > 1% are considered when 
calculating mean D* from ROIs. 
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We tested seven fit models in this study: the mono-exp, mono-exp-2, IVIM, tri-
exp, stretched-exp, Gaussian and kurtosis model. The mono-exp model returned an 
apparent diffusion coefficient (ADC) value from a fit to all data, whereas the mono-
exp-2 model returns an ADCslow by fitting mono-exp to data from b = 100 mm-2s 
and b = 600 mm-2s and an ADCfast by fitting mono-exp to data b = 0 mm-2s and 
b = 100 mm-2s. Mono-exp-2 probes IVIM-like features as ADCslow represents diffusion 
and ADCfast is also sensitive to perfusion but does not require as long a measurement 
time as typically seen for IVIM modeling. The tri-exp model described data from three 
different compartments with different (pseudo-) diffusion speeds (D, D*1 and D*2). D*1 

relates to capillary perfusion, and D*2 relates to instantaneous dephasing of spins. 
The stretched-exp model [15] as well as the Gaussian model [16], which were also 
fitted, describe a continuous distribution of diffusivities rather than discrete diffusion 
values within a voxel. The Gaussian model does not imply the assumption that 
molecules diffuse Gaussian, but assumes that within a voxel, there is a single Gaussian 
distribution of ADC-values. Finally, the kurtosis model allows to incorporates non-
Gaussian behavior of restricted diffusing molecules [32]. All models had parameters 
constrained to an appropriate domain (Table 8.B).

Table 8.A. Fit algorithms.

Name Fit

IVIM-free Levenberg-Marquardt least squares

IVIM-adaptive [22] Adaptive threshold segmented fit

IVIM-Bayesian-log* [23, 24] Data-driven Bayesian fit for which the prior is a fitted Gaussian in log-space to 
confine parameters to relevant values

IVIM-Bayesian-lin* [10] Data-driven Bayesian fit using boxcar functions with support over pre-defined 
ranges as weakly informative priors.

IVIM-MLE [25] Maximum likelihood estimator approach that assumed Rician noise

IVIM-fixed Levenberg-Marquardt least squares, except that D* was fixed to 70 × 10-3 mm2s-1, 
which resulted in more stable fits in healthy volunteers [9] (value based on 
volunteer data).

* Both Bayesian fits required a region of interest (ROI) containing data used for the data-driven fit. To 
determine the prior, a ROI larger than typical tumor size was required and hence ROIs were selected 
containing the tumor, pancreas, and surrounding tissue
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Table 8.B. DWI models.

Formula Parameters Constraints

M
on

o-
ex

p ADC = apparent diffusion 
coefficient

—

IV
IM

 a
 [4

] D = diffusion coefficient
D* = pseudo diffusion coefficient
ƒ = perfusion fraction

0.5 × 10-3–6 × 10-3 mm-2s b

6 × 10-3–200 × 10-3 mm-2s
0.1–99%

Tr
i-

ex
p

D = diffusion coefficient
D1* = pseudo diffusion coefficient 1
D2* = pseudo diffusion coefficient 2
ƒ1 = tissue fraction with D1*
ƒ2 = tissue fraction with D2*

0–10 × 10-3 mm-2s
14 × 10-3 mm-2s
93 × 10-3 mm-2s
0.1–70%
0.1–70%

S
tr

et
ch

ed
-e

xp
 [1

5]

DDC = distributed diffusion  
coefficient
α = stretching coefficient

0–6 × 10-3 mm-2s

0–2

G
au

ss
ia

n 
[1

6]

MADC = apparent diffusion  
coefficient distribution maxima
σADC = ADC distribution width

0.01–10 × 10-3 mm-2s

0.1–100 × 10-3 mm-2s

K
ur

to
si

s 
[3

2] Dapp = apparent diffusion coefficient
Kapp = apparent diffusion kurtosis

0.5 × 10-3–14 × 10-3 mm-2s
0–10

S(b) is the signal from an acquisition with b-value b, S0 is the signal with no diffusion-weighting and ϕ is the 
Gaussian error function. a This is the simple IVIM formula; we implemented the TR, TE, T1 and T2 corrected 
version [6]. b D had no constraints in the IVIM-adaptive approach; IVIM-Bayesian-log had the following 
constraints: D > 0 mm-2s, D* > 0 mm-2s and 0% < ƒ < 100%.
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Appendix III
Table 8.C. Intra-session wCV.

Intra-session wCV

Fit algorithms D ƒ D*

IVIM-free 6.3 32.9 32.7

IVIM-adaptive 5.3 33.9 39.3

IVIM-Bayesian-log 9.8 42.7 112.0

IVIM-Bayesian-lin 5.8 27.7 26.3

IVIM-MLE 5.0 38.7 41.8

IVIM-fixed 5.0 23.8

ADC

Mono-exp 4.5

ADCslow ADCfast

Mono-exp-2 6.32 18.04

D ƒ1 ƒ2

Tri-exp 4.8 47.7 37.0

DDC α

Stretched-exp 3.8 6.9

MADC σADC

Gaussian 27.4 23.9

Dapp Kapp

Kurtosis 7.1 24.2

Abbreviations: wCV = between-subject coefficient of variation
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Appendix IV
Table 8.D. The p-values (Wilcoxon signed-rank) for the adjusted R2 compared to the best.

Adjusted R2

Tumor Pancreatic

IVIM-free 0.017 Best

IVIM-fixed 0.946 0.173

Mono-exp < 0.001 0.005
Tri-exp 0.168 0.091

Stretched-exp Best 0.153

Gaussian < 0.001 < 0.001
Kurtosis < 0.001 0.042
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Table 8.E. The p-values for the inter-session wCV.

Inter-session wCV

Fit algorithms D ƒ D*

IVIM-free 0.030 0.463 0.007 
IVIM-adaptive 0.020 0.104 0.017
IVIM-Bayesian-log 0.104 0.035 0.035
IVIM-Bayesian-lin 0.153 Best	 Best

IVIM-MLE 0.042 0.268 0.011
IVIM-fixed Best 0.761

DWI models (least squares fit) Diffusion-related Perfusion-related

D ƒ D*

IVIM-free 0.030 0.007 0.007 
IVIM-fixed Best 0.035

ADC

Mono-exp 0.325

ADCslow ADCfast

Mono-exp-2 0.135 0.042
D ƒ1 ƒ2

Tri-exp 0.241 0.001 0.049
DDC α

Stretched-exp 0.194 Best

MADC σADC

Gaussian < 0.001 < 0.001
Dapp Kapp

Kurtosis 0.013 < 0.001

Data are split into 5 groups (D, ƒ and D* for the algorithms; diffusion-related and perfusion-related for fit 
models). The p-values of the Wilcoxon signed-rank test between the parameter with lowest wCV (Best) 
of each group and the rest of that group are noted. Abbreviations: wCV = between-subject coefficient of 
variation
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Table 8.F. The p-values for the contrast parameters.

Tumor and pancreatic Contrast

Fit algorithms D ƒ D* D ƒ D* 

IVIM-free 0.424 0.005 0.021 0.305 < 0.001 0.787

IVIM-adaptive 0.233 0.016 0.003 0.685 < 0.001 Best

IVIM-Bayesian-log 0.110 0.021 0.007 0.080 < 0.001 0.414

IVIM-Bayesian-lin 0.151 0.003 0.016 Best Best < 0.001
IVIM-MLE 0.339 0.016 0.009 0.216 < 0.001 0.191

IVIM-fixed 0.380 0.007 0.787 0.008
ADC models  
(least square fit)

Diffusion-related Perfusion-related

D ƒ D* 

IVIM-MLE < 0.001 < 0.001 0.002
IVIM-fixed < 0.001 < 0.001

ADC ADC

Mono-exp	 0.110 < 0.001
ADCslow ADCfast ADCslow ADCfast 

Mono-exp-2	 0.266 < 0.001 < 0.001 < 0.001
D ƒ1 ƒ2 D ƒ1 ƒ2

Tri-exp 0.569 0.016 0.009 < 0.001 < 0.001 Best

DDC α DDC α

Stretched-exp 0.052 0.021 < 0.001 < 0.001
MADC σADC MADC σADC 

Gaussian	 0.176 0.007 Best < 0.001
Dapp Kapp Dapp Kapp

Kurtosis < 0.001 0.301 0.017 < 0.001

Left: p-value for Wilcoxon signed-rank test between parameter values in tumor and pancreatic tissue.
Right: data are split into 5 groups (D, ƒ, and D* for the algorithms; diffusion-related and perfusion-related 
for fit models). The p-value for Wilcoxon signed-rank test comparing contrasts from the parameter with the 
highest contrast (Best), compared to the remaining parameters per group are noted.
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In radiotherapy, treatment plans are based on tumor delineations. As these treatment 
plans are used for all radiotherapy sessions, the delineations should be as accurate 
as possible. Currently, such delineations are often based on computed tomography 
(CT) images. In chapter 2 it was shown that there is a large interobserver variability in 
CT-based delineations of pancreatic cancer patients. In chapter 3 the interobserver 
variability decreased when MRI images were made available during tumor delineation 
on CT. The interobserver variability may further improve when CT and MRI images are 
registered, which was not done in chapter 3. 

In order to register MRI to CT, it is desirable to have intratumoral fiducial markers 
that are visible on CT and MRI. The visibility of golden fiducial markers and their 
potential to cause artifacts was quantified in chapter 4, using a sequence-independent 
approach. It was shown that at least one of the commercially available marker types 
was visible in vivo, in a pancreatic cancer patient. However, markers that were visible 
also caused artifacts, especially on diffusion-weighted imaging (DWI). The artifacts 
caused by such markers were smaller than artifacts caused by typical biliary stents. 
As 70% of pancreatic cancer patients receive such biliary stents, the artifacts caused 
by several metal stents and a plastic stent were quantified in chapter 5. 

In chapter 6 an alternative sequence for the T2-weighted turbo spin echo 
(T2W TSE) was optimized for abdominal use: the alternating repetition time balanced 
steady state free precession (ATR-SSFP) sequence. Contrary to T2W-TSE, this 
sequence allowed for isotropic high resolution (1.4 × 1.4 × 1.4 mm3) imaging within 
one breath-hold.

Despite encouraging results of radiotherapy treatment (neo-)adjuvant to surgery 
in pancreatic cancer patients, not all tumors respond to radiotherapy. As radiotherapy 
is a toxic treatment, it is desirable to only treat patients with tumors that are sensitive 
to radiotherapy. To avoid unnecessary irradiation in patients with non-responding 
tumors, treatment response monitoring or, ultimately, treatment response prediction 
is desirable. The intravoxel incoherent motion (IVIM) model for DWI potentially enables 
this. However, DWI acquisitions for IVIM data are often long and little is known about 
the optimal acquisition scheme and fitting. Therefore, in chapter 7 the acquisition 
scheme for DWI that renders the minimum acquisition time necessary for accurate 
and precise IVIM modeling was determined. In chapter 8 the best fit models and 
fitting algorithms for DWI data from pancreatic cancer patients were determined.

In chapter 9 (this chapter), the work is contextuallized to a larger perspective. 
First, the research in addition to the work in chapter 2 and chapter 3 that is required 
to determine appropriate treatment margins for pancreatic cancer patients is 
discussed. Then, the work from chapter 4 and chapter 5 is dealt with in the context 
of how it could be implemented to better understand artifacts. Following this, the 
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importance of having visible markers and the artifacts caused by metal markers is 
discussed. Also, the future of DWI in tumor imaging is discussed in light of the results 
from chapter 7 and chapter 8. Furthermore, several 4DMRI techniques that allow 
monitoring of tumor positions throughout the respiratory cycle are considered. These 
techniques could also be used to generate higher resolution MRI as they are not 
limited to a single breath-hold. Finally, MRI-guided radiotherapy is discussed.

Treatment margins
In this thesis the interobserver variation, expressed as standard deviation (SD), of 
pancreatic cancer target volume delineation on CT (chapter 2) and CT+MRI (chapter 3) 
was assessed. These SDs are often used to determine treatment margins [1, 2]. However, 
there are several reasons why the overall observer variation mentioned in chapter 2 
and chapter 3 are not ideal for determining treatment margins. For instance, common 
margin formulas are based on a normal distribution of errors. In pancreatic cancer, 
there were many locations at which delineation errors were not normally distributed. 
For example, some observers included a stent or a lymph node in the gross tumor 
volume (GTV), and others did not. In these cases, the variation was not Gaussian (i.e. 
either included or not included) and a treatment margin will not suffice to incorporate 
such errors. These errors were the result of an incomplete delineation protocol and 
poor observer compliance [3-5]. Therefore, clearer delineations guidelines should be 
introduced to achieve a more precise delineation.

In chapter 3 it was shown that CT+MRI-based delineations often result in smaller 
overall SDs than CT-only based delineations. Similar findings were reported for 
several other organs too [6-9]. These findings suggest that more precise pancreatic 
cancer delineations are achieved when MRI images are available during delineation. 
As a result, smaller planning target volume (PTV) treatment margins may be used 
when delineations are based on CT+MRI than when they are based on CT. 

However, in chapter 3 as well as in other studies in pancreatic [10, 11] and other 
tumors [6-8], delineations based (partially) on MRI were smaller than delineations 
based on CT. Therefore, it is important to know how well the delineation represents 
the tumor size. So far, a study with one observer showed that the tumor size was 
underestimated by 4 mm on contrast-enhanced (CE) MRI when compared with 
pathology [12]. Such underestimations are a result of microscopic extensions of 
the tumor and are commonly incorporated in the clinical target volume (CTV) margin 
[13]. To determine appropriate CTV-margins, more elaborate multi-observer studies 
are required that compare delineations with pathology. Interestingly, the size of the 



210

CHAPTER 9

delineated tumor is different when delineated on images from different MRI sequences 
[10]. This suggests that the required CTV margins may be sequence dependent.

Artifacts
Metal implants can cause susceptibility artifacts in MRI images. Such artifacts can 
obscure the underlying pathology or deform the anatomy in the image. In many 
applications, including radiotherapy, such artifacts are undesired. Therefore, many 
studies have investigated artifacts caused by patient anatomy [14, 15], fiducial 
markers [16], stents [17-19] and other implants [20-22]. These studies described the 
artifacts for one specific sequence. Consequently, their results are often limited to the 
sequence presented. More generalizable results can be obtained if such artifacts are 
studied using a sequence independent approach. Such an approach was implemented 
in chapter 4 and chapter 5. In those chapters, the usefulness of the approach was 
already illustrated for markers and stents. In a separate study [23], we also verified the 
applicability of the sequence independent approach for a brachytherapy applicator 
for cervical cancer.

In this sequence independent approach, the parameters underlying the artifacts, 
∆B0 and T2*, are deduced from MRI measurements. Alternatively, these quantities 
can be simulated if the shape and materials of the implants are known [24-27]. Such 
an approach is very useful for developing new implants. 

Once the ∆B0- and T2*-maps around the implants are obtained either from 
simulations or measurements, they can be used to simulate artifacts [24-28]. Using 
this method, one can discriminate the extent to which specific anatomical features are 
contaminated by artifacts in the real image. Such simulated artifacts are particularly 
useful when based on ∆B0- and T2*-maps acquired in vivo, in the patient being studied 
[28]. The data required for such ∆B0-maps and T2*-maps can be obtained within 
a 20-second breath-hold. This in vivo approach was explored in the supplementary 
materials from chapter 5. 

Finally, there are many ways to reduce artifacts. When a ∆B0-map is acquired, 
the artifact can be reverted by applying a transformation which is the inverse of the 
expected deformation (from the ∆B0-map) [29-31]. Also matching to a reference 
image can undo deformations [32]. However, these methods cannot solve signal 
summation (i.e. signal from multiple voxels shifting to the same voxel). Alternatively, 
by acquiring multiple images with different read-out directions it becomes possible to 
undo deformations and signal summation in some cases [33, 34]. Also, the sensitivity 
of the sequence to such artifacts can be reduced during acquisition [35]. All these 
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methods, however, have their limitations and often come at the cost of additional 
scan time. This is especially challenging when scanning the abdomen, where scan 
duration is restricted by breath-holding.

Fiducial markers 
In radiotherapy, matching MRI, CT and CBCT is important to ensure accurate treatment. 
Matching images requires visualization of several landmarks in the patient. In some 
cases, these landmarks can be anatomical, such as bony anatomy for matches 
between CT and CBCT [36] or major vessels in matches between MRI and ultrasound 
[37]. However, the location of several organs (e.g. pancreas [38] and prostate [39, 40]) 
with respect to the bony anatomy, varies over time. Furthermore, due to the poor soft 
tissue contrast on CT, and in particular on CBCT, matching other anatomical features, 
such as major vessels, remains challenging.

Therefore, matching CT/CBCT to different MRI images of such organs requires 
intratumoral fiducial markers to ensure alignment of the tumor [38, 39, 41]. From 
chapter 4 it is clear that for golden fiducial markers the visibility is related to the 
marker’s potential to cause artifacts. Therefore, all gold markers that were visible on 
MRI in earlier studies [42-45] will probably also cause artifacts on artifact sensitive 
sequences such as sequences with EPI read-out [16]. Furthermore, it is likely that all 
markers in which visibility is based on local T2* decay, will also cause signal shifting 
artifacts. As a result, when marker visibility is desired without artifacts, an alternative 
approach is required. 

Alternative markers that are visible on MRI and CT have been proposed, such as 
hydrogel [46, 47] or a mixture of iodinate contrast agent and water [48]. The hydrogel 
was tested in vivo in other organs [46, 47]. The iodinate mixture was tested in vitro. 
Both fit through a 22 gauge needle and hence might be implantable in pancreatic 
cancer patients [49]. However, many factors still need to be investigated, such as the 
stability of those gels in vivo.

Diffusion-weighted imaging
DWI and other functional imaging, such as dynamic contrast-enhanced (DCE) and 
T2* acquisitions, may help in predicting treatment outcome or enabling treatment 
monitoring [50, 51]. Correlating MRI parameters, including DWI model parameters, to 
treatment outcome of neoadjuvant chemoradiotherapy and resection of pancreatic 
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cancer is being investigated in the MIPA study at the AMC (NCT01989000). 
Potentially, DWI can be used to determine which patients benefit from neoadjuvant 
chemoradiotherapy in the future. 

Furthermore, DWI and other functional imaging may be used to detect, 
characterize and map different tumor regions. More aggressive or radiation resistant 
parts of the tumor could then be selected to receive a higher radiation dose. This 
approach is called dose painting [52-54]. Dose painting in the pancreas, however, 
would require sophisticated motion management techniques to prevent the high 
dose from blurring. Furthermore, a better observer agreement on the tumor location 
(chapter 2 and chapter 3) should be achieved before dividing the tumor into smaller 
subsections. 

DWI is often obtained at 1.5 T and 3 T [55]. All DWI data presented in this thesis 
were obtained at 3 T. DWI has low SNR and therefore higher field strengths may 
improve DWI. However, the echo planar imaging (EPI) read-out associated with DWI 
is very sensitive to susceptibility artifacts, which are accentuated at higher field 
strength. Alternatively, read-outs that are less sensitive to artifacts can be used, such 
as diffusion prepared TSE or bSSFP [56-58]. When used at higher field strengths, such 
sequences benefit from added SNR without the drawback of artifacts. We illustrated 
the feasibility of a diffusion prepared stimulated TSE sequence in the prostate [59]. 
Alternatively, a diffusion-weighted steady state sequence could be used [60, 61]. The 
challenge that comes with the application of the sequences mentioned above for 
abdominal use is their strong sensitivity to motion combined with acquisitions much 
longer than a breath-hold (typically > 5 minutes). 

Competing models
Before performing treatment monitoring or dose painting, one needs to select a  
DWI model. Depending on the purpose, several factors should be considered when 
selecting a model. E.g., when depicting tumors is the goal, the model with largest 
tumor contrast is desired, whereas when treatment response monitoring is the goal, a 
model with good test-retest stability is desired. Currently, the monoexponential decay 
model and IVIM model are most popular for abdominal DWI [55, 62-65]. There are 
many competing DWI models and therefore, in chapter 8 their performances were 
compared.

Classically, DWI data is modelled as a monoexponential decay as a function 
of diffusion weighting, in which the exponent is the apparent diffusion coefficient. 
The IVIM model describes the signal decay as a biexponential decay as a function 
of diffusion weighting. One exponent is assumed to relate to diffusion in tissue and 
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one to capillary blood [66]. The non-monoexponential behavior of DWI data was 
illustrated in multiple studies and related to perfusion [67, 68]. In the triexponential 
model, blood from large vessels is also modeled. Another alternative model is the 
stretched exponent model [69]. This model is a data-driven model with no thorough 
physical model behind it, and hence the parameters have no straight forward physical 
meaning.

In chapter 8 it was shown that for DWI of pancreatic cancer, the IVIM, stretched 
exponent and triexponential models performed best of the seven models tested. 
In other research [70, 71] we illustrated the necessity of a triexponential model 
to accurately relate model parameters to kidney function. Also, it was shown for 
multiple organs that the stretched exponent model was more precise [72, 73], more 
sensitive to treatment response [74] or better at tumor classification [75] than the 
monoexponential and IVIM models. The fact that different models describe the data 
better in different organs and for different applications illustrates that the underlying 
mechanism of diffusion is not yet fully understood.

We believe that part of the discrepancy between the IVIM model and the data is 
due to incoherent bulk motion (e.g. blood in large vessels flowing at different speeds). 
Such bulk motion would cause additional signal decay, which in the exponential model 
approach necessities a third exponent. Signal decay from incoherent bulk motion 
can be eliminated by using motion compensated diffusion gradients [76]. This way, 
the data decay should follow a more biexponential shape. However, whether this 
approach would be clinically beneficial is doubtable. The approach would eliminate 
part of the signal related to the ultra-fast signal decay in the triexponential model. We 
found that the parameter related to this ultra-fast signal decay showed the largest 
contrast between pancreatic cancer and healthy pancreatic tissue (chapter 8) in one 
study and correlated with kidney perfusion in another study [71].

Faster acquisitions
Acquiring data for IVIM modelling costs time, as data from several diffusion-weighted 
are required. Therefore, in chapter 7, we investigated the shortest acquisition scheme 
available to obtain data that allowed for accurate and precise IVIM model fitting. In 
this chapter, data from healthy volunteers was used. To see if this also holds true 
in patient data, we simulated the optimal accelerated acquisition scheme from 
chapter 7 in our patient data from chapter 8 by removing the redundant data. This 
accelerated acquisition had a within subject coefficient of variation that was less than 
20% higher than the full acquisition for all parameters from the IVIM model. As an 
increase of the within subject coefficient of variation of less than 20% was the criteria 



214

CHAPTER 9

for the accelerated acquisition in chapter 7 we can conclude that the scheme holds 
in patients.

4DMRI and high resolution
In radiotherapy, it is desirable to know the location of the tumor throughout the 
respiratory cycle. Therefore, for abdominal tumors, a 4DCT is often obtained on which 
the tumor motion can be tracked and included in the GTV. For example, in chapter 2 
and chapter 3 radiation oncologists delineated the tumor on 4DCTs. A 4DCT consists 
of several sets (typically 10) of CT images, each representing a part of the respiratory 
cycle. Tumor visibility is often poor on such CTs. As MRI has stronger tumor contrast, 
a similar MRI (4DMRI) could help improve tracking tumor motion over the respiratory 
cycle. There are several approaches to generate such a 4DMRI. 

A straightforward implementation is by obtaining fast 2D slice images, for example 
by a single shot TSE or EPI acquisition, during free breathing. If each slice acquisition 
is interleaved with a navigator acquisition tracking the liver dome, the respiratory cycle 
can be monitored. The 2D slice images can be sorted retrospectively according to 
respiratory phase. We showed the feasibility of this approach for pancreatic imaging 
[77]. This approach was relatively simple and robust; however, several limitations 
were associated with it. The acquisition was limited to 2D acquisitions, which resulted 
in a small number of thick slices. This is undesirable when delineating tumors in 
radiotherapy. Furthermore, the acquisitions were long (approximately 7 minutes). 
Also, the reconstruction often missed data for certain slice-respiratory phase 
combinations. In a variation to this approach, acquisitions are triggered at certain 

Figure 9.1. A frame of a 4DMRI from a pancreatic cancer patient obtained with ATR-bSSFP (a). MRI was 
obtained using the tiny golden-angle radial stack of stars ATR-bSSFP acquisition. A 3D CE T1-weitghed 
gradient echo image is added as reference (b). Solid arrow indicates solid tumor region whereas the dotted 
arrow indicates cysts/necrotic region.
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respiratory phases to ensure data completeness [78, 79]. However, the prospective 
nature of that approach requires determining the amplitude of the respiratory cycle at 
an early stage during acquisition. This makes the prospective method more sensitive 
to irregular breathing. Furthermore, these acquisitions were reported to last up to 18 
minutes. 

Alternatively, a 4DMRI acquisition can be achieved with a tiny golden angle [80, 
81] radial stack of stars gradient echo acquisition, obtained during free breathing. The 
respiratory signal can then be obtained from the center of k-space for each stack of 
k-lines at a given angle. The respiratory signal can be used to sort the k-space data 
in different respiratory phases. This allows reconstructing high-resolution 3D images 
(instead of multiple 2D slices) for every respiratory phase [82]. Furthermore, by using 
a compressed sensing reconstruction [83] the acquisition can be accelerated to 
obtain 4DMRI to within a minute [84]. This approach can be applied to most gradient 
echo sequences and therefore allows for a variety of contrasts. As an extension of 
the work discussed in chapter 6, we applied this 4DMRI technique to the ATR-SSFP 
sequence to obtain high-resolution 4D ATR-SSFP images (Fig. 9.1) [85]. Furthermore, 
we are working on a similar approach to generate 4D T2*-maps to quantify T2* 
values in abdominal lymph nodes. In such an application, acquiring images during 
breath-holding does not allow for sufficient resolution to discern the lymph nodes. 
These k-space sorting techniques can be extended further to generate MRI from all 
respiratory and cardiac phases [86].

Future technologies
MRI-guided radiotherapy
The recent development of several radiotherapy treatment systems with integrated 
MRI [87-90] enabled MRI-guided radiotherapy (MR-IGRT). Currently, the only 
commercially available and clinically released MR-IGRT system is the MRIdian system 
(ViewRay, Oakwood Village, USA) [87]. This system uses a 0.35 T MRI combined with 
three Cobalt-60 irradiation units perpendicular to the main magnetic field. A major 
point of criticism on this system was the use of Cobalt sources instead of a linear 
accelerator. However, a linear accelerator (linac) module upgrade of this system 
recently received CE mark approval. 

There are three alternative systems that all use a 6 MV linac but are not yet 
clinically released: the MR-Linac (1.5 T) [88], MRI-Linac (1.0 T) [89] and Linac-MR (0.5 T) 
[90]. The MR-IGRT systems with higher field strengths should enable more flexible 
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imaging. However, when a magnetic field is present, the secondary electrons that 
are created during irradiation will have different paths due to the Lorentz forces than 
when no magnetic field is present. This effect is magnetic field strength dependent 
and therefore is stronger for the MR-Linac (1.5 T) than the Viewray (0.35 T) [91].

MR-IGRT allows patient alignment based on MRI images, in which soft tissue 
is clearly visible. Furthermore, MR-IGRT systems can obtain fast 2D images for 2D 
tracking/gating of the tumor during irradiation [92]. Additionally, MR-IGRT systems 
can acquire 4DMRI before treatment [77, 82, 85]. When continuously interleaving the 
acquisition of two perpendicular oriented 2D images continuously during treatment, 
the 4DMRI can be used as a model to enable 3D tumor tracking [93].

With the introduction of MR-IGRT, the added value of intratumoral fiducial markers 
will become debatable. MRI images allow for soft tissue matches, making markers 
potentially redundant. However, we believe that if markers are visible on MRI, they 
could still serve for several purposes in such systems. During radiotherapy treatment, 
it is unlikely that daily (typically 30 days) intravenous CE MRI will be obtained due to 
patient discomfort (due to intravenous infusion) and associated costs. Some tumors 
may be poorly visible on other sequences. Therefore, soft tissue matches may be 
based on several landmarks close to the tumor. It was shown that landmarks such 
as biliary stents or bony anatomy do not necessary correlate to tumor position due 
to deformations between both acquisitions [38, 41]. Therefore, intratumoral markers 
may help to align patients or to verify soft tissue registrations.

Then again, one might argue that with markers visible on MRI, CT and CBCT, 
there is limited added value in introducing an expensive MR-IGRT system compared 
to a conventional linac. To align patients, intratumoral markers can be used for 
conventional linacs. Furthermore, the markers can be utilized for 2D tracking of 
the tumor [94]. Moreover, 3D tracking of fiducial markers can be achieved by linacs 
with two integrated X-ray tubes at an angle to each other, such as in the Vero [95, 
96]. The 3D position of the marker is then found by triangulation. For conventional 
linacs 3D tracking can be achieved using a combination of triangulation and/or digital 
tomosynthesis. We already illustrated the feasibility of tracking bony anatomy in 3D 
during treatment for this approach [97, 98]. 

Despite the possibilities of conventional linacs and markers, there are some clear 
advantages of MR-IGRT systems over conventional linacs. MR-IGRT may not require 
implanting of fiducial markers in the future. This would reduce the related work load 
and increase patient comfort. Also, contrary to the MR-IGRT, the conventional linac 
will require several CBCTs during treatment. These CBCTs cause additional radiation 
exposure for a large region of the patient. Finally, one of the major advantages of MR-
IGRT, compared to a conventional IGRT, is that for several tumors, MR-IGRT provides 



217

GENERAL DISCUSSION

9

sufficient soft tissue contrast and tumor visibility to see organs at risk (OARs) and 
tumor prior to and during treatment. This enables daily replanning [99-101] or real-
time replanning during irradiation of such tumors, which can increase the irradiation 
dose for the tumor and decrease dose for OARs and other healthy tissue. This is 
particularly interesting for tumors in a deformable anatomy and for tumors that 
change shape during treatment. 
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Summary
Pancreatic cancer is one of the deadliest of all major cancers with a median survival 
of 4.4 months after diagnosis. The only known potentially curative treatment for 
pancreatic cancer is surgical resection. However, even after successful resection, 
patients still have a poor median survival of 23 months. Therefore, surgery may be 
combined with (neo)adjuvant chemotherapy and/or radiotherapy. Still, there are 
many challenges in radiotherapy that should be overcome to improve the treatment 
outcome further.

During radiotherapy, tumors are irradiated with ionizing radiation. This ionizing 
radiation can kill both tumor cells as well as healthy cells. Consequently, the goal of 
radiotherapy is to deliver the highest possible dose to the tumor, while limiting the 
dose to healthy tissue. To achieve this, a CT scan is obtained from the patient, on 
which the radiation oncologist delineates the target volume. The treatment is based 
on this delineation. However, for many types of tumors including pancreatic cancer, 
the tumor is poorly depicted on CT images. As a result, mistakes may occur during 
delineation. Such mistakes directly influence the treatment plan and can cause under 
dosage of the tumor or unnecessary irradiation to healthy tissue. In addition, some 
pancreatic cancers are less sensitive to irradiation. For patients with such tumors, 
radiotherapy will be less effective in the tumor, but will still cause damage to healthy 
tissue.

In this thesis, we investigated how MRI can be used to improve radiotherapy 
for pancreatic cancer patients. In the first part, the use of MRI to improve tumor 
delineation during treatment planning is discussed. In the second part, diffusion-
weighted imaging (DWI) is optimized. This technique allows studying certain tissue 
properties as diffusivity and perfusion. Studying these properties potentially allows 
monitoring treatment response. Ultimately, the tissue properties measured before 
treatment can be used to predict treatment outcome. In both cases, unnecessary 
irradiation of patients with non-responding tumors can be prevented.

In chapter 2 we assess the current state of delineating pancreatic tumors 
on CT by radiation oncologists (observers). Such delineations are used as a basis 
for all radiotherapy sessions and should be as accurate as possible. In this study, 
eight radiation oncologists delineated the gross tumor volume (GTV) on CT for four 
pancreatic cancer patients. We found that there was a large interobserver variability. 
There was poor overlap between the delineated volumes of the different observers. 
The local observer variation was largest close to pathological lymph nodes and 
biliary stents. These large variations were due to ambiguous instructions and poor 
protocol compliance. These results suggest that the delineated volumes on CT are 
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inaccurate and that the treatment may depend on the radiation oncologist involved 
in the treatment.

In chapter 3 we show that by offering unmatched MRI images alongside the 
CT images, the observer variability decreases. The same eight radiation oncologists 
again delineated the GTV of the same four pancreatic cancer patients, now with MRI 
images available. The delineated volumes were significantly smaller (32% on average) 
when MRI was made available. Furthermore, the overall observer variation decreased 
by 35%. The decrease in interobserver variation suggests that more accurate 
delineations can be achieved by adding MRI. 

In our study, CT and MRI images were not matched. In the future, matching MRI 
images to CT could help further decrease interobserver variability. To match MRI to 
CT, visible intratumoral fiducial markers are desirable. It is known that such markers 
are visible on CT and cone beam CT (CBCT). However, little is known about their 
visibility on MRI images. Therefore, in chapter 4 the visibility and signal shift artifacts 
(susceptibility artifacts) caused by fiducial markers on MRI images is quantified using a 
sequence-independent approach. The signal shift artifact is an unwanted deformation 
in the MRI images due to inhomogeneities in the main magnetic field. In this sequence 
independent approach, visibility was assessed by measuring T2* relaxation times 
whereas signal shift artifacts were evaluated by measuring inhomogeneities in the 
main magnetic field (∆B0). Using phantom measurements, we showed that for the 
ten radiopaque gold fiducial markers measured, there is a strong correlation between 
T2* and |∆B0|, and hence, more visible markers also show larger artifacts. We also 
illustrated that the marker that was best visible in the phantom, was also visible in 
vivo, in a pancreatic cancer patient. However, this marker also caused artifacts on 
DWI images. Furthermore, we showed that the marker with the smallest variation in 
|∆B0| showed no artifacts in DWI images, but also was not visible in vivo. As a result, it 
is now possible to select markers that best fit the application. One can select markers 
that are visible on MRI, allowing for MRI-CT or MRI-CBCT matching. One can also 
select a marker that allow for artifact-free MRI, which is relevant for DWI images.

Seventy percent of pancreatic cancer patients that receive radiotherapy have 
a biliary stent which prevents the tumor from blocking the biliary duct. Therefore, 
in chapter 5 the artifacts of eight commonly used biliary stents are quantified 
using a similar sequence-independent approach. The eight stents, made of nitinol, 
platinum-cored nitinol, stainless steel or polyethylene, were placed in a phantom, and 
MRI images were acquired. It was shown that the susceptibility artifacts (T2* and 
∆B0) dominate over the gradient-induced artifacts and radiofrequency (RF) induced 
artifacts. The susceptibility artifacts grow with field strength and were larger at 3 T 
than at 1.5 T. The susceptibility artifacts vary as a function of the angle between the 



228

&

stent and the main magnetic field. They were largest when the stent was oriented 
perpendicular to the main magnetic field and were smallest at parallel orientation. 
The stent’s material also influences the artifact size: the largest susceptibility 
artifacts were found in the stainless steel stent, whereas the smallest were found in 
a polyethylene stent. Finally, it was illustrated that the effect of the stent on T2* and 
∆B0 in a phantom were similar to the effect in vivo.

In chapter 6 we optimized the settings of the alternating repetition time balanced 
steady state free precession (ATR-SSFP) sequence for abdominal imaging in a single 
breath-hold. At these optimal settings, ATR-SSFP has a T2-like contrast. This contrast 
can be useful for distinguishing between tissue types. Two radiologists scored ATR-
SSFP images as well as images obtained by the more easily implemented conventional 
fat-saturated balanced steady state free precession (FS-bSSFP) of fifteen pancreatic 
cancer patients. From the radiologists’ scores, it was shown that at optimal settings, 
the ATR-SSFP was preferred. With its T2-like contrast, the high isotropic resolution and 
its inherent fat saturation, ATR-SSFP imaging is a strong alternative to conventional 
T2-weighted imaging, especially for radiotherapy.

The intravoxel incoherent motion (IVIM) model for DWI is a promising model to 
monitor and predict treatment response. For this purpose, measurements are required 
to be accurate and precise. However, the acquisition and post-processing of the DWI 
data have not been optimized for pancreatic imaging. Therefore, in Chapter 7 we 
determined the combination of b-values and signal averages for DWI that rendered 
the minimum acquisition time necessary for accurate and precise IVIM modeling. We 
assessed the repeatability (measure for precision) and systematic errors (measure 
for accuracy) of IVIM model fit parameters in sixteen volunteers as a function of the 
b-values and averages used in the IVIM model fit. We showed that acquisition could 
be done in 5:15 minutes in the pancreas and in 2:15 minutes for the liver.

In Chapter 8 the performance of six IVIM model fit algorithms and seven DWI 
fit models was assessed in DWI data from fourteen pancreatic cancer patients. The 
Levenberg-Marquardt least squares fit with fixed pseudo-diffusion coefficient, and 
the Bayesian fit scored best out of the IVIM model fit algorithms. Although, the IVIM 
model scored best overall, other DWI models may be preferred for specific purposes. 
For example, for depicting pancreatic tumors, the perfusion fraction ƒ2 from the 
triexponential model is most promising. For treatment monitoring, the stretched 
exponent model is preferred due to its high precision in both fit parameters. 

In chapter 9, the work is summarized and contextualized to a larger perspective. 
In addition, two techniques are discussed: 4DMRI and MRI-guided radiotherapy. 
4DMRI is a set of MRI images showing the patient’s anatomy throughout a typical 
respiratory cycle. MRI-guided radiotherapy has recently gained much momentum 
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with the development of radiotherapy treatment systems with integrated MRI. Such 
systems allow monitoring both tumor as well as organs at risk during radiotherapy 
treatment.

In conclusion, MRI should become part of the standard clinical routine in 
radiotherapy of pancreatic cancer patients. We showed the improvement of tumor 
delineations with the addition of MRI images. We can use fiducial markers that are 
visible on MRI, enabling marker based image registration. However, one should be 
aware of potential artifacts from visible markers. Furthermore, the potential artifacts 
caused by biliary stents are well understood and can be minimized by choosing 
appropriate alternative stents. The ATR-SSFP sequence can be used to obtain high-
resolution images with T2-like contrast and fat saturation. Also, we optimized DWI 
acquisitions and post-processing in pancreatic cancer patients.
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Samenvatting
Met een mediane overleving van 4,4 maanden behoort alvleesklierkanker tot een 
van de meest dodelijke kankersoorten. De enige potentieel genezende behandeling 
voor patiënten met alvleesklierkanker is een resectie. Maar zelfs na een succesvolle 
resectie hebben deze patiënten nog steeds een vrij korte mediane overleving van 
23 maanden. Daarom wordt een resectie vaak gecombineerd met (neo)adjuvante 
chemotherapie en/of radiotherapie. Er bestaan echter nog veel uitdagingen voor het 
toepassen van radiotherapie in patiënten met alvleesklierkanker.

Tijdens radiotherapie worden tumoren bestraald met ioniserende straling. Deze 
straling is schadelijk voor tumorcellen, maar ook voor gezonde cellen. Daarom is het 
doel van radiotherapie om een zo hoog mogelijke stralingsdosis te geven aan de tumor, 
met een beperkte stralingsdosis in gezond weefsel. Hiervoor wordt voorafgaande aan 
de behandeling vaak een computertomografie (CT) scan gemaakt van de patiënt. Op 
deze CT-scan definieert de radiotherapeut het te bestralen doelgebied (intekening). 
Deze intekening wordt gebruikt om het bestralingsplan te genereren. Echter, voor 
veel tumorsoorten, waaronder alvleeskliertumoren, is de tumor slecht zichtbaar op 
CT-beelden. Daardoor kunnen er vergissingen optreden tijdens de intekening. Zulke 
vergissingen hebben gevolgen voor het bestralingsplan. Delen van de tumor kunnen 
daardoor een lagere dosis krijgen dan wenselijk is en gezond weefsel kan onnodig 
worden bestraald. Daarbij komt dat niet alle alvleeskliertumoren even gevoelig zijn 
voor ioniserende straling waardoor radiotherapie niet voor alle patiënten effectief is.

In dit proefschrift is onderzocht hoe MRI kan worden ingezet om radiotherapie voor 
patiënten met alvleesklierkanker te bevorderen. In het eerste deel wordt besproken 
hoe MRI kan helpen tijdens het definiëren van de te bestralen doelgebieden. In het 
tweede deel wordt diffusie gewogen MRI (DWI) geoptimaliseerd. Deze beeldvormende 
techniek maakt het meten van bepaalde weefseleigenschappen mogelijk zoals de mate 
van diffusie en perfusie. Dit kan helpen om de reactie van de tumor op radiotherapie 
te bestuderen en daarmee de effectiviteit van radiotherapie te bepalen. Potentieel 
kan de effectiviteit van radiotherapie zelfs voor de behandeling al worden voorspeld 
aan de hand van de weefseleigenschappen. In beide gevallen kan onnodige bestraling 
worden voorkomen.

In hoofdstuk 2 wordt het huidige niveau van pancreastumor intekeningen op CT 
bepaald. Zulke intekeningen zijn de basis voor veel radiotherapie behandelingen en 
het is dus wenselijk dat deze van hoog niveau zijn. Acht radiotherapeuten hebben 
voor deze studie het tumorvolume (gross tumor volume; GTV) ingetekend op een 
CT-scan van vier patiënten met alvleesklierkanker. We vonden een grote variatie van 
intekeningen (intekenvariatie) tussen de radiotherapeuten. Ook was er een beperkte 
overlap tussen de intekeningen van de verschillende radiotherapeuten. De grootste 
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lokale intekenvariaties waren dichtbij pathologische lymfeklieren en stents. Deze 
variaties zijn het gevolg van enerzijds onvolledige instructies en anderzijds het niet 
opvolgen van instructies door de deelnemende artsen. De studie suggereert dat de 
huidige intekeningen op CT inaccuraat zijn. De radiotherapiebehandeling kan dus 
sterk afhangen van de behandelende radiotherapeut.

In hoofdstuk 3 laten we zien dat de intekenvariatie vermindert als er naast de 
CT-beelden ook MRI-beelden worden aangeboden aan de radiotherapeut. In deze 
studie hebben dezelfde acht radiotherapeuten het GTV nogmaals ingetekend op CT-
beelden van dezelfde vier patiënten, ditmaal met de beschikking over MRI-beelden. 
De volumes van de ingetekende GTVs waren significant kleiner (gemiddeld 32%) in de 
studie waar MRI beschikbaar was dan in de studie waar MRI niet beschikbaar was. De 
totale intekenvariatie nam af met 35% toen MRI beschikbaar was. Dit suggereert dat 
de intekeningen accurater zijn als MRI-beelden beschikbaar zijn tijdens het intekenen. 

In ons onderzoek waren de CT- en MRI-beelden niet gematcht. In het vervolg 
zou matchen van de MRI-beelden aan de CT-beelden kunnen worden toegepast om 
de intekeningen verder te verbeteren. Hiervoor is het wenselijk dat er markers in de 
tumor worden geplaatst die zichtbaar zijn op beide beeldvormende modaliteiten. 
Zulke markers kunnen dan als leidraad dienen tijdens het matchen. Het is aangetoond 
dat zulke markers goed zichtbaar zijn op CT en cone beam CT (CBCT), maar over 
de zichtbaarheid op MRI was weinig bekend. In hoofdstuk 4 hebben we daarom 
een sequentie-onafhankelijke aanpak ontwikkeld om de zichtbaarheid van markers 
en de signaalverschuivingsartefacten die door markers worden veroorzaakt, te 
kwantificeren. Een signaalverschuivingsartefact is de ongewenste vervorming van het 
MRI-beeld als gevolg van inhomogeniteiten in het magnetische veld. In deze aanpak 
wordt de zichtbaarheid geëvalueerd aan de hand van metingen van T2* relaxatietijd 
terwijl de signaalverschuivingsartefacten worden geëvalueerd aan de hand van 
metingen van inhomogeniteiten in het magnetisch veld (∆B0). Voor dit onderzoek 
hebben we een fantoom ontwikkeld met tien markers die zichtbaar waren op CT. We 
laten zien dat er een sterk verband is tussen T2* en |∆B0|. Dat betekent dat markers die 
beter zichtbaar zijn, ook grotere signaalverschuivingen creëren. We toonden aan dat 
de best zichtbare marker uit het fantoom ook zichtbaar was in vivo, in een patiënt met 
alvleesklierkanker. Deze marker veroorzaakt echter signaalverschuivingsartefacten 
op DWI-beelden. Verder toonden we aan dat de marker met de kleinste variaties in 
|∆B0| geen signaalverschuivingsartefacten creëert in DWI-beelden. Deze marker is 
echter niet zichtbaar in vivo. Als gevolg van dit onderzoek kan men nu een marker 
selecteren die het best past bij de toepassing van het MRI onderzoek. Men kan kiezen 
voor markers waarmee nauwkeurige MRI-CT en MRI-CBCT matches mogelijk zijn. Men 
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kan ook een marker selecteren die geen signaalverschuivingsartefacten veroorzaakt, 
wat relevant is voor DWI.

Zeventig procent van de alvleesklierkankerpatiënten die radiotherapie krijgen 
hebben een stent in de galwegen. Deze wordt geplaatst omdat de tumor de galwegen 
anders dichtduwt. Daarom zijn in hoofdstuk 5 de artefacten van acht stents 
gekwantificeerd met een soortgelijke sequentie-onafhankelijke aanpak. Van een 
fantoom met de acht stents werden MRI-beelden gemaakt. Aan de hand van deze 
beelden toonden wij aan dat de susceptibiliteitsartefacten (T2* en ∆B0) dominant zijn 
over de gradiënt geïnduceerde artefacten en de radiofrequentie (RF) geïnduceerde 
artefacten. De susceptibiliteitsartefacten variëren met magneetsterkte en waren groter 
in een 3 T MRI-scanner dan in een 1,5 T MRI-scanner. De susceptibiliteitsartefacten 
variëren met de hoek die de stent maakt met het magnetische veld. De artefacten 
waren het kleinst als de stent parallel aan het magnetische veld stond, terwijl de 
artefacten het grootst waren als de stent loodrecht op het magnetisch veld stond. 
Stentmateriaal heeft ook invloed op de grootte van het artefact, waar de stent van 
roestvrijstaal de grootste artefacten gaf terwijl de polyethyleen stent de kleinste 
artefacten gaf. Tot slot toonden wij aan dat het effect van de stent op T2* en ∆B0 in 
een fantoom in overeenstemming was met het effect in vivo.

In hoofdstuk 6 hebben we de instellingen van “alternating repetition time 
balanced steady state free precession” (ATR-SSFP) sequentie geoptimaliseerd 
voor beeldvorming van het abdomen tijdens het vasthouden van de adem. Met 
deze optimale instellingen heeft ATR-SSFP een T2-achtig contrast. Dit contrast 
kan helpen bij het onderscheiden van verschillende typen weefsel. Twee radiologen 
beoordeelden zowel ATR-SSFP beelden als conventionele “fat-saturated steady state 
free precession” (FS-bSSFP) beelden van vijftien alvleesklierkankerpatiënten. Uit deze 
beoordelingen bleek dat de radiologen de ATR-SSFP beelden prefereerden boven de 
FS-bSSFP. De ATR-SSFP beelden zijn een aantrekkelijk alternatief voor conventionele 
T2-gewogen beelden in radiotherapie, door de hoge resolutie, het T2-achtige contrast 
en de vetsuppressie die ATR-SSFP biedt.

Het “intravoxel incoherent motion” (IVIM) model voor DWI is een veelbelovend 
model om response van tumoren op een behandeling te detecteren. Hiervoor 
moeten de metingen wel accuraat en precies zijn. De acquisitie en nabewerking 
van DWI-data voor het fitten van het IVIM-model is echter nog niet geoptimaliseerd 
voor alvleesklierkankerpatiënten. Daarom hebben we in hoofdstuk 7 de ideale 
combinatie van diffusie wegingen (b-waarden) en het aantal acquisities dat nodig is 
voor IVIM-model fits bepaald voor de kortst mogelijke acquisitie die nog accurate 
en precieze parameters oplevert. Hiervoor hebben we voor zestien vrijwilligers de 
reproduceerbaarheid van de meting (maat voor precisie) en de systematische fout 
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(maat voor accuraatheid) van de IVIM-model fit-parameters bepaald als functie van 
het aantal b-waarden en hoeveelheid metingen per b-waarde die zijn meegenomen in 
de fits. We hebben aangetoond dat een acquisitie van minimaal 5:15 minuten nodig 
is om reproduceerbare IVIM-model fits te doen voor de alvleesklier en 2:15 minuten 
in de lever.

In hoofdstuk 8 wordt in veertien patiënten met alvleesklierkanker de prestatie van 
zes IVIM-model fit algoritmes onderling vergeleken, zowel als zeven DWI fit modellen. 
De Levenberg-Marquardt kleinste-kwadratenmethode fit met vaste waarde voor de 
pseudo-diffusie coëfficiënt en de Bayesiaanse fit scoorde het hoogst van alle IVIM-
model fit algoritmes. Het IVIM-model scoorde over het algemeen het hoogst, maar 
afhankelijk van het doel kunnen andere diffusie modellen (zoals een triexponentieel of 
stretched exponentieel model) de voorkeur hebben. Bijvoorbeeld, voor het afbeelden 
van alvleeskliertumoren is de perfusie fractie ƒ2 van het triexponentieel model het 
best. Voor het detecteren van een response van een tumor op een behandeling is 
het stretched exponent model het meest belovend met reproduceerbare parameters.

In hoofdstuk 9 wordt al het werk samengevat en in een ruimere context 
geplaatst. In dit hoofdstuk worden ook 4DMRI en MRI-begeleide radiotherapie 
besproken. Een 4DMRI is een set van MRI-beelden die de anatomie van de patiënt 
weergeven gedurende de ademhalingscyclus. MRI-begeleide radiotherapie is in een 
versnelling gekomen met de ontwikkeling van radiotherapie bestralingsapparaten 
met geïntegreerde MRI-systemen. Zulke systemen stellen de gebruiker in staat om 
de beweging van de tumor, zowel als de gezonde organen, te volgen gedurende de 
behandeling.

Uit het werk in dit proefschrift concluderen wij dat MRI een deel uit zou moeten 
maken van de standaard klinische routine van patiënten met alvleesklierkanker. We 
hebben laten zien dat MRI bijdraagt aan betere tumor intekeningen. Verder kunnen we 
markers gebruiken om de MRI-beelden te matchen aan CT- en CBCT-beelden. In dat 
geval moet men zich wel bewust zijn van de artefacten die zulke markers creëren op 
DWI-beelden. De potentiele artefacten die stents veroorzaken op MRI kunnen worden 
geminimaliseerd door een geschikte stent te selecteren. De ATR-SSFP sequentie 
kan worden gebruikt om beelden te krijgen met hoge resolutie, T2-achtig contrast en 
vetsuppressie. Verder hebben we DWI-acquisities en nabewerking geoptimaliseerd 
voor patiënten met alvleesklierkanker.
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