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οἵη περ φύλλων γενεὴ τοίη δὲ καὶ ἀνδρῶν.
Φύλλα τὰ µέν τ᾽ ἄνεµος χαµάδις χέει, ἄλλα δέ θ᾽ ὕλη
τηλεθόωσα φύει, ἔαρος δ᾽ ἐπιγίγνεται ὥρη·
ὣς ἀνδρῶν γενεὴ ἣ µὲν φύει ἣ δ᾽ ἀπολήγει.

Like the generations of leaves are those of men.
The wind blows and one year’s leaves are scattered on the ground,
but the trees bud and fresh leaves open when spring comes again.
So a generation of men is born as another passes away.
Iliad, Rhapsody VI: 146-149
Homer

Alexander und Cäsar und Heinrich und Friedrich, die Großen,
Gäben die Hälfte mir gern ihres erworbenen Ruhms,
Könnt ich auf eine Nacht dies Lager jedem vergönnen;
Aber die Armen, sie hält strenge des Orkus Gewalt.
Freue dich also, Lebendger, der lieberwärmeten Stätte,
Ehe den fliehenden Fuß schauerlich Lethe dir netzt.

All of those greats: Alexander, Caesar and Henry and Fredrick,
Gladly would share with me half of their hard-fought renown,
Could I but grant them my bed for one single night, and its comfort,
But the poor wretches are held stark in cold Orkian grip.
Therefore, ye living, rejoice that love keeps you warm for a while yet,
Until cold Lethe anoints, captures your foot in its flight.
Roman Elegies, X
Johann Wolfgang von Goethe
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Synopsis
It is Zeu’s anathema on Magnetic Resonance Imaging (MRI) of the lung
that we should agonize between the Scylla of the rapid decaying
magnetization signal and the Harybdis of respiratory motion and long
acquisition times. This thesis deals with the clinical issues of the
aforementioned problems. The main core of the work is to optimize the 3D
Ultrashort echo-time (UTE) Cones sequence for lung imaging in terms of
image quality, respiratiory motion and acquisition times, primarily for
visualization and quantification of the lung parenchyma. Especially for the
lung, the conventional MRI sequences cannot capture signal from the
parenchyma and in general the images are not of sufficient diagnostic value.
3D UTE Cones, is tested clinically on pediatric patients referred for
lung lesions and compared to the routine sequence -Periodically Rotated
Overlapping Parallel Lines with Enhanced Reconstruction (PROPELLER).
Cones is able to capture the lung density based on the patient’s age and
additionally sets itself as a proper sequence for lung Positron Emission
Tomography (PET) attenuation correction (AC) in PET/MR scans.
Another two chapters regard retrospective gating of the lung motion
based on the extracted DC self-navigator from the central k-space and
description of the development of conjugate gradient (CG)-SENSE
reconstruction for the non-cartesion Cones parallel imaging using sensitivity
maps generated by the image data for fast MR lung imaging.
Supplementary, one publication regards the clinical comparison of the
image quality between time-of-flight (TOF)-PET/CT and TOF-PET/MRI in
relation to various acquisition times proving the superior PET sensitivity of
the PET/MRI.
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Zusammenfassung
Es ist Zeu's Anathema auf der Magnetresonanztomographie (MRT) der Lunge, dass
wir uns zwischen der Scylla des schnell abklingenden Magnetisierungssignals und
der Harybdis der Atembewegung und langen Aufnahmezeiten quälen sollten. Diese
Arbeit befasst sich mit den klinischen Fragen der oben genannten Probleme. Der
Hauptkern der Arbeit ist die Optimierung der 3D-Ultraschall-Kurze-Echo-Zeit
(UTE) Cones-Sequenz für die Lungenbildgebung hinsichtlich Bildqualität,
Atembewegung und Aufnahmezeiten, vor allem für die Visualisierung und
Quantifizierung des Lungenparenchyms. Insbesondere für die Lunge können die
herkömmlichen MRT-Sequenzen keine Signale des Parenchyms erfassen, und im
Allgemeinen sind die Bilder nicht von ausreichendem diagnostischen Wert.

3D-UTE-Cones, wird klinisch an pädiatrischen Patienten getestet, die wegen
Lungenläsionen eingewiesen wurden, und mit der Routine-Sequenz -Periodisch
rotierte,

überlappende

parallele

Linien

mit

verbesserter

Rekonstruktion

(PROPELLER) verglichen. Cones ist in der Lage, die Lungendichte basierend auf
dem Alter des Patienten zu erfassen und stellt sich zusätzlich als geeignete Sequenz
für

die

Lungen-Positronen-Emissions-Tomographie

(PET)

Abschwächungskorrektur (AC) in PET/MR-Scans ein.

Weitere zwei Kapitel befassen sich mit der retrospektiven Aufnahme der
Lungenbewegung auf der Grundlage des extrahierten DC-Selbstnavigators aus dem
zentralen k-Raum und der Beschreibung der Entwicklung der konjugierten
Gradienten (CG)-SENSE-Rekonstruktion für die parallele Bildgebung der nichtkartesionellen Cones unter Verwendung von Sensitivitätskarten, die aus den
Bilddaten für die schnelle MR-Lungenbildgebung generiert werden.

Ergänzend dazu befasst sich eine Publikation mit dem klinischen Vergleich der
Bildqualität zwischen Time-of-Flight (TOF)-PET/CT und TOF-PET/MRI in Bezug
auf verschiedene Aufnahmezeiten, was die überlegene PET-Sensitivität des
PET/MRI belegt.
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List of Abbreviations
AC

Attenuation Correction

ADC

Analog to Digital Converter

BW

Bandwidth

CT

Computed Tomography

FA

Flip Angle

FDG

Fluorodeoxyglucose

FID

Free Induction Decay

FWHM

Full Width Half Maximum

HU

Hounsfield Unit

keV

kilo-electronVolt

LAVA-Flex

Liver Imaging with Volume Acceleration-Flexible

MRI

Magnetic Resonance Imaging

NEX

Number of Excitations

OSEM

Ordered Subsets Expectation Maximization

PD

Proton Density

PET

Positron Emission Tomography

PROPELLER Periodically-rotated Overlapping Parallel Lines with Enhanced Reconstruction
ROI

Region of Interest

SAR

Specific Absorption Rate

SLR

Shinnar-Le Roux

SNR

Signal-to-Noise Ratio

SPGR

Spoiler Gradient Recalled acquisition

SUV

Standard Uptake Value

TE

Echo-time

TOF

Time-of-Flight

TR

Repetition time

UTE

Ultra-short echo-time

ZTE

Zero echo-time
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Chapter I
Introduction
Call no man happy until he is dead
Solon of Athens
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All medical imaging scanners present their own advantages and weaknesses.
Magnetic Resonance Imaging (MRI) is not the exception. While it provides
images with higher contrast than Computed Tomography (CT), especially for
soft tissue differentiation and excellent contrast between the different brain
regions it lacks sensitivity when it comes to lung and bone. This is the reason
why x-ray CT is still regarded as the standard imaging modality for lung and
bone pathologies with its inherent high resolution and significantly faster
scans. Another advantage of MRI is the non-ionizing radiation nature of the
scan rendering itself favorable for pediatric patients, pregnant women and
repetitive follow-up scans [1].
The present work concerns imaging of the lungs, which can be broadly
classified into structural and functional exams. The former mode, structural
imaging, specifically of lung parenchyma, forms the focus of the subject
thesis. Nonetheless, functional exams are important in the context and shall
hence also be briefly surveyed.
Functional lung imaging aims to study perfusion, ventilation, oxygenation,
gas exchange, or motion. Lung perfusion is most commonly assessed by
dynamic contrast-enhanced MRI, which acquires time-resolved image data
after injection of a bolus of paramagnetic contrast agent. An alternative that
avoids the use of contrast agent is perfusion imaging based on arterial spin
labeling, in which water molecules act as endogenous tracers. While lung
tissue has relatively low proton density per se, spin labeling studies of the
lung benefit from its strong perfusion and large overall blood volume [2].
For imaging lung ventilation, one current means is fluorine (19F) MRI after
inhalation of inert fluorinated gas [3]. Relying on readily available and
relatively inexpensive, non-toxic gases, this technique is enjoying increasing
popularity. It typically employs a mixture of 79% perfluoropropane or sulphur
hexafluoride and 21% oxygen. Upon impaired ventilation, less or no gas
reaches affected parts of the lung, which then appear less intense in resulting
images. On this basis, fluorinated-gas MRI lends itself particularly to studies
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of lung pathologies such as asthma, chronic obstructive pulmonary disease
and cystic fibrosis.
A similar, longer-established mode of functional lung imaging relies on
hyperpolarized gases [4]. Hyperpolarized Helium (3He) and Xenon (129Xe) can
yield high-contrast images sensitive to ventilation changes as well as
microstructure and gas exchange. Exhibiting vastly greater natural
abundance, 129Xe is more affordable than 3He and therefore preferred in
practice. As another advantage relative to 3He, 129Xe is soluble in pulmonary
tissue and thus permits studying gas exchange and alveolar oxygenation in
addition to ventilation. These capabilities render hyperpolarized gases a
versatile tool for structural and functional studies, providing biomarkers for a
variety of lung pathologies. The chief drawback of this approach is the need
for of special equipment, i.e., a polarizer, which must be placed close to the
MR scanner. Current devices achieve hyperpolarization by optical pumping
or spin exchange. After this process, the gas must be administered quickly to
limit polarization loss by relaxation.
The dynamics of lung function are also studied by Fourier decomposition of
image time series obtained with common proton MRI, particularly with
balanced steady-state free precession (bSSFP) techniques [2, 5-7]. Signal from
lung varies along with inspiration and expiration well as due to the dynamics
of

blood flow in pulmonary vasculature. The basic idea of the Fourier

decomposition approach is to separate these signal modulations based on
their different frequency bands. To this end, one key prerequisite is that the
underlying scan provides sufficient temporal resolution to meet the
applicable Nyquist/Shannon sampling criteria. Resolving cardiovascular
dynamics, particularly, requires imaging rates of multiple frames per second.
Lung studies with Fourier decomposition are typically performed at low or
moderate field strength (e.g. 1.5 T) to limit signal loss due to susceptibility
effects. For the Fourier decomposition step, a range of specific strategies have
been proposed. The most popular methods include i) wavelet decomposition
and non-uniform Fourier decomposition, which can compensate for
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frequency changes [2], ii) adapted filter design [8], iii) optimized registration
to mediate deformation steps [8] and iv) matrix pencil decomposition for
accurate amplitude calculation [9].
Similar to Fourier decomposition, the SENCEFUL technique (self-gated
non-contrast-enhanced functional lung) [2, 10, 11] acquires ventilation and
perfusion information simultaneously. However, involving self-gating,
SENCEFUL accounts for variation of the breathing and cardiac patterns,
which may introduce artifacts and noise in the mere Fourier approach.
SENCEFUL uses signal acquired in the center of k-space (DC) to group raw
data into respiratory and cardiac phases and thus differentiate the two types
of dynamics. Compared with Fourier decomposition, this approach has been
found to achieve higher spatial and temporal resolution.
In view of the existing diversity of functional lung MRI, it is surprising
perhaps that structural imaging of lung tissue, the parenchyma, is still
challenging and rarely performed in the clinical setting. The underlying
reasons are directly related to lung anatomy. Low tissue density yields
relatively weak MR signal while interfaces between air and alveoli degrade
magnetic field homogeneity by susceptibility effects, resulting in very short
signal lifetimes T2*. Last but not least, motion of the lung during respiration
as well as the high-frequency cardiac motion induce blurring effects and loss
of resolution. The background behind the above shortcomings is further
described in Chapter II.

Except for the aforementioned anatomical and physiological constraints, a
further limitation is due to inconsistent and not well-established protocols
fitted for lung pathologies. Till now the Spoiled Gradient Echo (SPGR)
sequences have been used for lung anatomical imaging since they are
inherently T2* weighted and they can be played out with low flip angle (FA)
to minimize the T1 weighting of the lung (T1 of lung > 1,300 ms at 1.5T). They
can be used with 2D or 3D acquisitions. Another candidate would be the
balanced steady state free precession sequences which are similar to gradient
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echo sequences, but they do not utilize a spoiler for the remaining
magnetization, rather they use refocusing of the transverse magnetization at
the end of each repetition time (TR). They have already been tested for lung
anatomical imaging [12] and for lung angiography [13]. Still, both sequence
types are not suited for lung density imaging since they cannot deliver short
TEs, a prerequisite for parenchyma imaging.

Ultrashort echo-time (UTE) and zero echo-time (ZTE) sequences are the best
solution for visualizing short T2* tissues, like the lung parenchyma, and bone
as well, due to their extremely short TEs down to few microseconds. UTE
can achieve such short TEs because they acquire the k-space by virtue of
radial sampling and fast switching of the read-out gradients. UTE can be
played either as 2D or 3D acquistion. On the other hand, ZTE reading
gradient is already switched during excitation achieving even shorter TE and
is acquired always in 3D. Lung parenchyma imaging with UTE sequences was
first reported by Bergin et. al [14]. Moreover, UTE images tend to exhibit
proton density contrast due to short TE and thus resemble CT images, which
facilitates adoption in clinical practice. UTE is capable also of depicting lung
parenchyma diseases other than oncological, such as Cystic Fibrosis (CF) or
Chronic Obstructive Pulmonary Disease (COPD), which previously had not
been an option with MRI.

Besides of sequence choice, lung parenchyma imaging is challening,
demanding long acquisition times due to large field-of-view (FOV) and high
resolution needed. Parallel imaging can decrease the overall scan time but
comes at the expense of signal-to-noise ratio (SNR). An acquisition with Rfold acceleration decreases the SNR by at least √R and acceleration factors
higher than 4 are discouraged due to increasing additional SNR loss beyond
this limit. Parallel imaging is very well integrated for cartesian sequences but
for non-cartesian protocols like UTE there is no available implementation yet,
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because combination of parallel imaging and non cartesian trajectories
renders image reconstruction more demanding. However, non-cartesian
parallel imaging could pose a solution to the lenghty scan times.

Short-TE MRI of the lung is important also as a means of attenuation
correction (AC) in the newly introduced hybrid imaging modality of Positron
Emission Tomography/Magnetic Resonance Imaging (PET/MRI).

In PET imaging, radiopharmaceuticals are injected intravenously to the
patient. Radiopharmaceuticals are chemical molecules coupled with
radionuclides that emit positrons. These positrons annihilate with
neighbouring electrons that lead to production of two 511 kilo-electronvolt
(keV) gamma photons. These gamma photons undergo attenuation due to
photelectric absorption and Compton scattering effects before they can be
detected.

Thus,

PET

images

suffer

from

signal

loss

leading

to

underestimation of radiopharmaceutical concentration uptake, making
lesions both qualitatively and quantitavely less conspicuous.

Among hybrid scanners, PET/CT forms the gold standard against which
PET/MR must be evaluated. Besides anatomical localization, CT facilitates
PET by permitting the measurement of x-ray attenuation in the body. These
attenuation coefficients are used to generate attenuation maps and are used
to correct the signal loss in PET raw images. Even though x-rays from CT and
gamma photons from PET have different energies, the CT based PET
attenuation correction works with high accuracy.

When it comes to the PET/MRI however, the different nature of the acquired
MR signal, makes it harder to correlate the MR signal intensities to the PET
attenuation coefficients. The MR values are not related to x-ray attenuation of
tissues rather reflect hydrogen density - while the CT transmission data are
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related to the electron density - making it difficult to produce MR attenuation
images for PET AC.
The current methods of PET AC used on PET/MR differ between whole body
and brain imaging. For whole body, MR images of the patient are segmented
into 4-tissue types (air, lung, fat, other tissue) [15] and one homogeneous
attenuation coefficient is assigned to each (0, 0.018, 0.086, 0.01 mm-1
respectively). For brain imaging, atlas based methods are used [16], relying on
a template image of reference patients, which is possible because the
geometry and the volume of the brain do not vary much between patients.
While viable, compared to PET/CT, these methods are significanlty less
accurate and limit PET performance particularly the detection of small
lesions. Short TE imaging with UTE and ZTE could provide a much more
accurate solution for PET AC in PET/MRI. By detecting lung and bone, they
could

provide

continuous

attenuation

coefficients

instead

of

one

homogeneous value per segmented tissue that could heavily underestimate
the concentration of the radiopharmaceutical.

The goal of the present thesis is to advance short-T2 MRI of the lung
parenchyma towards clinical use and greater utility in conjuction with PET.
In particular, a) reduce scan time, b) manage motion and c)address other
sources of artefact (off-resonance, miscalibration and slab selectivity). Taking
into consideration the above, a 3D acquisition strategy with hybrid radialspiral readout for short T2 serves for scan efficiency bringing down the default
scan time. Moroever, parallel imaging implementation including motion
correction gating, is deemed an applicable solution for further significant scan
time reduction.

At the beginning, Cones, provided a non-diagnostic overall image quality and
lung parenchyma signal was not detected due to excessice noise and artifacts.
Step by step we tried to tackle all these issues and reach an image quality that
would be deemed of diagnostic value by the doctors.
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The work is structured to subtasks, thus each part addresses one of the main
motives mentioned above. The first part was to compensate for the lung
motion. We implemented a retrospective self-triggering method based on the
DC signal of the data. Later we enabled real-time prospective triggering using
the physiological signal captured by respiration bellow worn by the patient.
The second part was to face the long acquisition times. We implemented
parallel imaging for 3D UTE with promising results as far as image quality
and reduced scan time are concerned. Furthermore, structure and timing of
the sequence was optimized for artifact suppression and minimization of TE.
More details about the optimization steps on Chapter III.

To assess clinical feasibility, two clinical studies are designed. The first one
with pediatric patients while the second one with adults. Two cohorts of
pediatric patients with and without Cystic Fibrosis are scanned with Cones
and compared against routine diagnostic MR sequence for lungs. After
qualitative and quantitative evaluation, Cones outperforms quantitatively and
is at least equal regarding diagnostics. An extended, second clinical study has
been designed to test Cones in comparison to ZTE, LAVA and CT for lung
pathologies of adults. It is reported here in a preliminary fashion, since the
study is ongoing by the end of the thesis. Results of first patients are shortly
presented.

The optimized Cones sequence was also used for bone segmentation for skull
imaging in PET/MR and lead to a publication by the title “Cluster-based
segmentation of dual-echo ultra-short echo time images for PET/MR bone
localization” in 2014 at EJNMMI Physics.
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Chapter II describes the basics of UTE & ZTE and the lung physiology that
is responsible for making the MR lung imaging hard.
Chapter III gives an overview of the necessary technical background of the
optimization of the 3D UTE Cones making it more stable, artifact-free and
faster.
Chapter IV regards the clinical quantitative assessment of pediatric patients
with and without Cystic Fibrosis.
Chapter V concerns the DC self-navigation for retrospective gating of lung
motion tested on a healthy volunteer.
Chapter VI demonstrates the development of a CG-SENSE reconstruction
algorithm for the non-Cartesian 3D UTE Cones acquisition for fast lung
imaging, tested on healthy volunteers with up to 75% under-sampling.
Chapter VII closes this thesis with the conclusion results and required future
path.
Chapter VIII serves as appendix concerning an additional publication done
on PET/MR regarding sensitivity and image quality compared to TOF
PET/CT.
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Chapter II
Lung & UTE / ZTE Basics
Moderation is the chief good
Cleobulus of Lindos
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Basic MRI physics definitions

At its essence, MRI actually images the hydrogen nuclei inside the body. Due
to the natural abundance of water molecules in the body that consist of 2
hydrogen nuclei, MRI images inherently show the water concentration inside
each imaged slice of the body. Hydrogen nuclei consist of one proton, which
has an angular momentum creating a magnetization vector that is
perpendicular to the plane of its precession. By grouping a large number of
protons, each of the magnetization vectors contribute to the overall net
magnetization (M) of this group. When no magnetic field is present, M is 0,
but inside a magnetic field, like in an MRI, the spins of the protons will align
in parallel and antiparallel orientation along the magnetic field direction. A
slight excess of protons will take parallel orientation compared to the
antiparallel ones based on the prediction of the Boltzmann distribution:

N+ / N- = e (-DE / kT)

[Eq. 2.1]

where N+ and N- represent the population of protons aligned parallel and
antiparallel to the magnetic field orientation respectively, while k is the
Boltzmann constant (1.381 x 10-23 joules/oK) and T is the absolute temperature
in Kelvin.
At the end, the MR signal that produces the images comes from these extra
protons that align parallel to the magnetic field.
Furthermore, the RF excitation pulse, a time-varying radio-frequency pulse
B1, has a center frequency that corresponds to the Larmor frequency or the
precession frequency of the protons, so the protons can absorb the RF energy
and their magnetization can be tilted on the perpendicular plane (x-y plane)
of the main magnetic field Bo (z-axis).
The Larmor frequency is given by the formula:

w = g Bo
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[Eq. 2.2]

where g is the gyromagnetic ratio in MHz/Tesla, a constant characteristic to
each nucleus and Bo the applied external magnetic field. For hydrogen nuclei
the gyromagnetic ratio is 42.58 MHz/Tesla. So, at 3T the protons have a
Larmor frequency of 127.74 MHz.
After the end of the excitation, the longitudinal net magnetization (Mo) starts
to recover to its maximum value and the transversal magnetization Mxy rapidly
decays inducing a current that can be detected by the read-out gradients. A
short description of the mechanism follows.

The spin-lattice relaxation time is a time constant which is commonly
established as T1 relaxation time. T1 (Fig. 2.1.) has a characteristic value for
each tissue. In MRI physics, the mechanism behind the T1 is responsible for
bringing the longitudinal component of the magnetization vector along the
direction of the static magnetic field to thermodynamic equilibrium with the
net magnetization of the surrounding nuclei, the so called “lattice”. T1
depends on the strength of the magnetic field.

Mz(t)

M0

0

T1

t

Figure 2.1. T1 relaxation time profile. The magnetization Mo slowly recovers to its
maximum amplitude after the RF excitation. T1 is defined as 63% of the maximum
Mo.
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The spin-spin relaxation time is a time constant which is commonly known as
T2 (Fig. 2.2.) relaxation time. In contrast to T1, the transverse component of
the magnetization vector rapidly decays under an exponential fashion towards
its equilibrium value. T2 is the time needed for the Mxy signal to decay to 37%
(1/e) of its maximum value after the end of the RF excitation. T2 is independent
of the magnetic field’s strength. However, inherently there is another
mechanism that speeds up the signal to decay and this is magnetic field
inhomogeneities (DBo). Together with the spin-spin relaxation, they provide
the T2* constant (Fig. 2.3.) which mathematically can be derived by the
following formula:

1
T2*

=

1
T2

+

1

[Eq. 2.3]

∆Bo

Mxy(t)

0

T2

t

Figure 2.2. T2 relaxation time profile. The magnetization Mo rapidly decays to 0
after the RF excitation. T2 is defined as 37% of the maximum Mo.
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Figure 2.3. T2 (red) and T2* (blue) decay signal envelopes (detail). The magnetic
inhomogeneities speed up the decay of the transverse magnetization component in
T2*.
Mathematically the magnetization vectors during de-excitation are described
by the Block differential equations with the following solutions:

Mx(t) = Mo e-t/T2 sinwt

[Eq. 2.4]

My(t) = Mo e-t/T2 coswt

[Eq. 2.5]

Mx and My components can be integrated into one vector on the x-y plane:

Mxy(t) = Mo e-t/T2*

[Eq. 2.6]

and the longitudinal magnetization vector along z-axis
Mz(t) = Mo (1 – e-t/T1)
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[Eq. 2.7]

The relative water concentration difference of tissues gives the contrast in the
MRI image.
Finally, other two important parameters for the acquisition of the signal are
the TR and TE. TR is the time needed between two consecutive RF
excitations so a different part of the k-space can be filled, and the TE is the
time between excitation and readout. Manipulating those two parameters
based on the sequence and the gradients, can lead to different contrast
weighting on the images. Relative to the T1 and T2* relaxation times of the
different tissues, if the TR and TE are longer or shorter that these values the
images can be governed by T1, T2* or pure Proton Density (PD) contrast
weighting. PD uses long TR with short TE, and the images reflect kind of the
actual density of protons.

Lung physiology & MRI issues

The low proton density of the lung and the magnetic susceptibilities produced
by the multiple air-tissue interfaces of the alveoli lead to very short T2*
relaxation times.
The lung parenchyma at 3T has a mean T1 of 1002 ms and a T2* of 0.85 ms.
While the variation of T1 is not significant from anterior to posterior and
between left and right lung, T2* presents significant variation along the
gravitational direction [17].
The tissue density of the healthy lung is 0.1 g/cm3 which is significantly lower,
around 10 times, compared to other organs. Taking into consideration that
the MR signal intensity is proportional to the proton density, the lung signal
is respectively 10 times lower than that of the neighboring tissues. Thus, the
intrinsic low SNR renders the MRI lung imaging very challenging [18].
A couple of methods that can be employed to compensate for the low proton
density are listed here: 1) increase the number of excitations (NEX), in other
words use of signal averaging will lead to a higher SNR by a factor of square
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root of number-of-excitations (NEX) - double NEX, 1.4 higher SNR - but this
will increase the scan time too, 2) use of lower resolution, this means larger
voxel sizes, however small lesion detectability is hindered by this method [18].
Except for the low proton density of the lung, magnetic susceptibilities are
present too. The air we breathe consists of around 20% of oxygen atoms which
are paramagnetic while the surrounding tissue is diamagnetic leading to a big
magnetic susceptibility difference (~ 8 ppm) at lung-air interfaces. Due to
these susceptibilities, local field gradients arise at the multiple microscopic
surfaces between the airways and alveoli in the lungs. Thus, the homogeneity
of the magnetic field is compromised, and local magnetic field gradients are
generated. These field gradients are responsible for the rapid dephasing and
fast decaying signals in the lung, mainly described by the very short transverse
relaxation time T2* . The higher the static magnetic field Bo is, the more the
field inhomogeneity is leading to shorter T2*. This is the reason why
conventional MRI fails to capture lung parenchyma signal and there is a need
for sequences with short TEs (TE < 1 ms) [18].
The advantages of pulmonary MR compared to CT would be the non-ionizing
radiation scan leading to no exposure to the patient and the higher contrast
for distant metastases [19, 20].
Respiratory Motion

Except for the unique lung physiology, lung presents another issue that
renders imaging more difficult. The respiratory motion introduces artifacts
that blur the image, leading to resolution loss. A solution is to acquire images
at well-defined respiratory stages, e.g. during inspiration or more favorably
full expiration, using methods such as respiratory triggering or gating. The
image acquisition is correlated to the respiratory cycle and the acquired signal
is proportional to the lung state. There are two ways to achieve this: either
prospectively using external equipment like respiratory bellows or
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retrospectively using the MR signal itself [18]. More about the respiratory
triggering in Chapter V.
3D UTE Cones & ZTE sequences specifics
The Cones and ZTE are designed to detect signals with very short T2*
relaxation times such as signal from the lung parenchyma. In this paragraph,
the main characteristics of both sequences are described.
In general, three-dimensional trajectories designed to acquire k-space data in
a radial fashion allow very short TE as well as TR, while having good motion
properties. The Cones used in this thesis, is an alternative version of the 3D
Projection Reconstruction (3DPR) trajectory where the interleaves (spokes)
twist around one of the axes leading to shorter scan times but at the same time
have increased SNR [21]. A diagram of how the Cones sequence is played out
is depicted in Fig. 2.4. The acquisition starts in a center-out fashion and does
not require any phase encoding before the readout. The advantage is that the
data sampling starts immediately so a longer readout duty cycle can be
obtained resulting in a higher overall SNR.
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RF

Gz

Gx

Gy

Figure 2.4. The pulse imaging sequence of cones that utilize a steady state free
precession (SSFP). Gx and Gy are the oscillating gradient waveforms giving the
twisting acquisition scheme, while the radial trajecotry along the z-axis is given by
the constant Gz gradient.

kz

ky
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Figure 2.5. Acquisition of k-space pattern with 3D Cones trajectory. Each cone
consists of multiple spokes that are played out in a center-out fashion.
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If the spokes of the Cones do not have any twist, then Cones in its basic form
is a radial projection trajectory. When twist is added to the spokes, the spoke
becomes longer, so the readout time is increased too. This results in fewer
number of spokes required to fill the whole k-space and the total scan time is
shorter because the k-space sampling is done more efficiently and at the same
time more uniform. The more the twist is added to the spokes the more
significant this effect is. Thus, Cones presents a trade-off between shorter
scan times & higher SNR and longer readout times. For excessive twist the
image quality is not acceptable because the lung signal is already decayed and
then the sequence samples only noise. The whole k-space is acquired with
many size-varying cones each of them made up of different number of spokes
(Fig 2.5). The total number of cones and the total number of spokes are based
on the desired FOV and the desired resolution (Fig. 2.6, 2.7).
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Figure 2.6. Illustration of 4 individuals cones covering the k-space under different
angle and with varying number of spokes. K-space axis normalized to 0.5.
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kz

kx

Figure 2.7. The k-space will be adequately covered by the cone surfaces when the
separation between individual cones is 1/FOV.

The original Cones sequence implements rewinder gradient that returns the
first moment of the gradient waveforms to zero [22]—but this will decrease the
readout efficiency of the method.

More about how we manipulated the

rewinder gradient in this thesis on Chapter III concerning the Cones
optimization. Fig. 2.8. shows the resulting gradient waveforms for gradients
Gx, Gy, & Gz.

For the reconstruction of Cones, which is a non-Cartesian trajectory, 3D
gridding operation must be performed. The gridding needs as input the
sampling density for each sampled point (density correction). Since the center
is inherently oversampled the density correction factor there is zero and
progressively keeps increasing till it reaches its maximum value for the
outermost points of the trajectory (Fig. 2.9). More about the reconstruction
towards the end of this chapter.
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Figure 2.8. The resulting gradient waveforms of 3D UTE Cones.
However, the Cones may have drawbacks as well. The increased readout time
results to high resolution loss of short-T2 tissues, increased TRs, flow effects
as well as off-resonance blurring [21]. Therefore, the length of the spoke or
else the readout time of tissues with short-T2 times should not be
substantially longer than the T2 of the tissue otherwise the signal will be
decayed before the end of the readout.
Zero echo-time (ZTE)
ZTE sequence is a more advanced idea from the UTE. ZTE achieves even
shorter TE because it employs a switched-on reading gradient during
radiofrequency (RF) excitation [23-26]. ZTE came to prominence once again
recently due to the need of imaging lung and bone especially for the
PET/MRI. Novel methods of ZTE have been developed [27, 28] and tested
already on animals [29] and human skull [30] and lung [31]. ZTE can normally
be operated with short TRs and small FA in a magnetization steady state
(Fig. 2.10).
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Figure 2.9. Density correction map for all spokes and points. Above: density
correction for 3D PR acquisition. Below: density correction for 3D Cones. A zero
weighting factor is set for the central k-space while progressively increases along the
spoke. For the outermost points there is a drop-off so the high-frequency noise is
supressed (apodization).
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ZTE uses a nonselective hard pulse excitation while the readout is achieved
on a 3D centre-out radial fashion. Main characteristic of the ZTE is that the
readout gradients are constantly on and not ramped down something that
results in the characteristic short TR that translates to fast scans. Similarly,
the image encoding gradients are on when the RF excitation happens, getting
the TE down to theoretically 0 where the nominal TE is the centre k-space
TE (Fig. 2.11).

Another interesting fact of the sequence is that the data acquisition is grouped
into segments with a certain number of spokes so that pre-pulses can be
played out for contrast preparation, chemical shift selective saturation or
motion navigators. ZTE uses FA of few degrees so the image has inherently
PD weighted contrast. Overall the short duration of the RF pulse together
with the gradient ramping that is kept to a minimum, lead to a fast and very
SNR efficient scanning.

RF

a
a

a
a

a
a

a
a

Gz
Gx
Gy
Figure 2.10. ZTE pulse sequence. The gradients are kept active during the RF
pulsing with only small directional updates in between repetitions, resulting in a
nominal TE = 0 as well as fast and quiet scanning. The pulse sequence is grouped
into segments (one segment illustrated here) to spoke preparation pulses and/or
motion navigators.
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However due to hardware constraints, the switching of the transmit/receive
gradients off and on requires some time that leads to a delay or dead time
between excitation and acquisition. This results to an acquisition gap at the
central portion of the k-space (Fig. 2.12).

G
t
RF
t
sample
s

t
0

delay

Figure 2.11. After the projection gradient G reached full amplitude, a short
radiofrequency pulse is emitted and the free induction decay signal is measured as
soon as possible (black dots denote acquired data, white dots are missing data).

Reconstruction of UTE sequences
3D Cones belongs to the family of non-cartesian acquisition sequences
(Fig. 2.13). The acquired data points of radial, spiral and cones trajectories
need first to be projected on a cartesian grid before reconstructing the images.
The algorithm behind it, is called re-gridding (Fig. 2.14). There can be either
2D or 3D re-gridding algorithms which employ the same idea. There is a
variety of such algorithms, with the most popular one being the “data driven”
interpolation that takes into account the contribution from each data point
and adds it to the adjacent grid points [32-34].
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Figure 2.12. The 3D ZTE k-space is covered with 1D spoke in a center-out radial
fashion white points are non-acquired data, black points represent acquired data.

At the end, re-gridding is just resampling the non-cartesian data onto cartsian
plane and then applying inverse Fast Fourier Transform (FFT). After
choosing the re-gridding kernel (e.g. Kaiser Bessel function) and applying the
density correction factors, the data are convoluted with the kernel and
oversampled on the cartesian grid. Then inverse FFT is applied and the image
is finally de-apodized. Another idea is also proposed where non-uniform fast
Fourier transformation is employed, which is a generalized version of the regridding algorithm with forward and inverse implementation which lead to a
faster acquisition [35].
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Figure 2.13. 3D Cones acquisition trajectory (detail on 2D x-y plane). The black
dots are the acquired data points, not sampled on a cartesian grid. The distance
between the data points depends on the bandwidth of the acquisition. Normally up to
256 kHz can be achieved meaning that the signal is sampled every 4us.

Figure 2.14. Illustration of how the non cartesian data are interpolated onto the
cartesian grid using an appropriate kernel (green circle). The data points on the
cartesian grid are a weighted sum of all neighboring non-cartesian data.
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Chapter III
Optimization of the 3D UTE Cones
You should not desire the impossible
Chilon of Lacedaemon

39

3.1.

Introduction

The purpose of this chapter is to give a useful insight on the necessary
implemented optimization process of the Cones sequence. Cones is a research
sequence which is neither CE marked nor a commercial product. Therefore,
various parameters had to be adjusted e.g. programming-wise the sequence
needed to be more robust and stable, we needed to investigate which coil
configuration is more suitable for our clinical needs & if manual pre-scan is
better than auto-scan to avoid overflow artifacts. Additionally, we wanted to
make the sequence more time-efficient by avoiding unnecessary time
prolongation i.e. longer TR, we enabled prospective triggering using
respiration belts worn by the patient and enabled slab excitation using pulses
from the GE RF-pulse library. Purpose of the whole optimization was to
improve image quality by avoiding artifacts and increasing SNR while
shortening scan time which is clinically very important.

3.2.

Materials & Methods

The source code of the Cones is provided by GE and is written in a
programming language called EPIC (Environment for Pulse programming In
C). Cones is a sequence from the General Electric PSD (Pulse Sequence
Development) collection. The main prerequisites for the use of the sequence
include basic operation of the GE scanner, use of compilers & debugger,
familiarity with ANSI C, C++ and basic UNIX commands like makefile, csh,
bash.

3.3.

Debugging

As first step of the optimization, a general debugging of the code was
necessary. First trials to run the sequence led to downloading failures on the
scanner, due to compiling errors. The compiling procedure produces the two
executable files (one for the host computer - which is the user IO for the image
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display & processing, archiving - and one for the target computer, the realtime computer, which controls the looping, the syncing of gradients and the
controlling of data acquisition) that need to be saved inside the scanner
directory of the sequence. Some of the variables were overlapping and they
did not have as default the values that they should, basically some timing
variables for delays between consecutive TRs. Another reason was that the
software version of the scanner and the compiling environment were not
identical. This happens with every software package update of the scanner.
The sequence code needed to be updated to the current PSD package version
that runs on the scanner by adding some patches especially on the data
acquisition section and how the Specific Absorption Rate (SAR) and other
regulatory safety limits are calculated.

3.4.

Enabling Prospective triggering

First coding intervention for better lung imaging, concerns the compensation
for respiratory lung motion. Lung motion during respiration can induce
artifacts and resolution loss. The physiological signal can be acquired by a
respiration bellow (Fig. 3.1) that keeps track of the lung’s respiration cycle
based on the lung volume increases and decreases through inhalation and
exhalation phases. The respiration bellow is worn by the patient around the
diaphragm. The triggering point is set to 30% of the maximum expiration and
after a delay of 0.1 seconds the data acquisition starts. We add this delay to
make sure that the data acquisition will take place as much as possible in the
expiration phase. The number of spokes per trigger is fixed to 500. The
duration of each spoke corresponds to the duration of each TR. The smaller
the number of spokes the better motion correction we get, because the
acquisition happens within the end-expiration phase without including
motion during exhalation and consequent inhalation, but the scan takes more
time. Clinically, even around 50% acquisition window would be acceptable
translating into a doubling of the original scan time. However, the 50%
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Figure 3.1. Respiratory motion (bottom) detected by the respiration bellow worn by
the patient on the diaphragm as depicted on the control screen of the scanner.
window is a bit large allowing a lot of motion to be detected so a 30% is a good
trade off.

3.5.

Shortening the TR:

There are three sequence parameters that we manipulated to achieve the overall
shortening of the TR.
o

Start of Sequence Interrupt (SSI) timing variable

o

spoiler gradient duration

o

rewinder gradient

3.5.1. SSI time
The SSI time is a timing variable specific to EPIC and defined as the interval between
the End of Sequence (EOS) and SSI.
EOS are special fields specific in both the waveform and instruction memories, in
other terms a memory pointer. When an EOS is encountered in the waveform
memory, everything happens as usual until the current duration is over and then the
next instruction is used. This also implies that the internal copy of the waveform
pointer will be overwritten by the values found in the next instruction. When an
EOS is encountered in the instruction memory, the sequence will stop until it is told
to start again. EOS monitors the stop and pause flags at the end of the sequence. It
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also handles the re-enabling of the SSI trigger after the new sequence preparations
have been updated.

SSI makes realtime changes to the current sequence based on environmental inputs
(e.g. patient physiological data) and special algorithms (e.g. Cine) by calling PSD
supplied routines at the start of the sequence.

Too long SSI time prolongs unnecessarily the TR, too short SSI time leads to
possible crashes since we are using as input the respiratory physiological data and
there should be a timing allowance for the psysiological signal to be integrated into
the running sequence. The original SSI time was fixed to 500 us and we reduced it
to 100 us, without observing any obstacles during the playing out of the sequence.
This translates to 0.4 ms shorter TR.

3.5.2. Spoiler Gradient

The spoiler is applied during gradient echo sequences to remove transverse
magnetization by producing a rapid variation of its phase along the direction
of the gradient. This takes place after the echo so that the transverse
magnetization is destroyed prior to the next excitation pulse to spoil any
remaining x-y magnetization. The duration of the spoiler gradient prolongs
significantly the acquisition’s TR making the scans longer. However,
minimizing or turning the spoiler gradient completely off may present some
artifacts concerning the image quality (Fig. 3.2). Because the length of each of
the spokes varies based on the desired in-plane resolution and prescribed
FOV, the effect of the spoiler’s duration varies as well. For example, for a high
resolution scan (e.g. 1.4 mm) the spoke has a length of 250 points. With an
acquisition bandwidth (BW) of 250 kHz, this means sampling of k-space
happens every 4 us translating to 250 * 4 us = 1000 us or 1 ms which is a bit
longer that the T2* (850us) for lung at 3 T. This means that the signal mostly
is decayed till the last acquisition point so there is no need for extra spoiling.
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Figure 3.2. Single channel axial slice image. Left: acquisition with the spoiler
gradient turned off. Right image: acquisition with spoiler gradient on.

Similarly, for a lower resolution scan (e.g. 2mm) with 200 points along each
spoke (so 200 * 4 us = 800 us) there is some remaining signal so here turning
off the spoiler will affect the image. Thus, there is a trade-off and an optimized
spoiler duration for any required resolution. We can skip the spoiler at higher
resolutions and we should have it on, with increasing duration for lowerresolution acquisitions. The original spoiler duration was 6000 us and with
our desired resolution at 1.4 mm we set the spoiler at 2000 us allowing for a
4000 us (4ms) reduction in TR. The reduction of the spoiler duration has the
biggest contribution to the shorterning of the TR.

3.5.3. Rewinder gradient & Flip Angle

The rewinder gradient – in the form of a trapezoid gradient - is another phaseencoding step, that is applied with reverse polarity at the end of every TR.
The role of this gradient is to make sure that the phase of the MR signal is
stable in every TR and to assist in the development of coherent transverse
magnetization. The effects of not applying a rewinder are resonant offsets that
vary from TR to TR, so there can be a contamination of phase-encoded
information in consecutive TRs leading to stimulated echoes and rigning
bands in the image for non-cartesian acquisitions like Cones.
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Figure 3.3. Upper images: phantom scan without rewinder. Lower images:
phantom scan with rewinder.
The rewinder has a fixed duration of 700 us. After testing protocols with and
without rewinder gradient we optimized our protocol by switching off the
rewinder altogether, reducing the TR further by 0.7 ms. Phantom and in-vivo
studies (Fig. 3.3, 3.4 & 3.5) show the effects of not using the rewinder (which
are more prominent for higher resolution) while for in-vivo studies are
stronlgy mediated to negligible.

In addition, for the UTE sequences the FA has a minimal effect. Despite that,
based on the Ernst equation, we calculated the optimized FA for maximizing
the signal intensity:

!"

𝜃 = cos !" 𝑒 !( !# )

[Eq. 3.1]

with TR 3.8 ms and T1 1000 ms for lung tissue the FA is optimum with 5
degrees. The original protocol was using 10 degrees.
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Figure 3.4. Upper images: knee scan without rewinder. Lower images: knee scan
with rewinder.

Figure 3.5. Axial slice of a 2mm in-plane resolution with (left) and without (right)
rewinder gradient. Effects are quite minimal if non-existent with a significant
reduction in scan time.
3.6.

Overflow artifact & Receiver Coil Gain

The overflow artifact appears due to prescan malcalibration and causes a nonuniform washed out appearance to the images. The high intensity signal after
excitation due to ultra-short TEs (28 us), overflows the dynamic range of the
receiver channel leading to the clipping and inversion of pixel bits. The cause
of this, is that the signal is too intense and cannot be accurately digitized by
the analog-to-digital (ADC) converter.

46

Figure 3.6. Overflow artifact with full coil gain (left) & avoiding artifact with
reduced coil gain (right).

To overcome this, the receiver gains R1 and R2 have to be adjusted manually
(manual prescan). Lowering the R1 and R2 theoretically affects also the
sensitivity to the real signal but the images still looked good with a small
reduction of the gain values. One way to deter this artifact is by the autoprescanning but sometimes this fails to compensate for this effect, so another
way is to manually decrease the receiver gain. An alternative, to avoid this
artifact, is by positioning the patient with arms up during the scan because
the signal is very high from soft tissues like the muscles on the arms.

Some clinical examples are presented in this section. Fig. 3.6 and 3.7 show an
axial slice of a lung scan with full coil gain based on prescan autocalibration
(left) and after adjusting the R1 and R2 receiver gains by manual prescan
(right). The figures show two different groups of selected individual channels.
In Fig. 3.6. (left) there are dominant overflowing artifacts contaminating the
entirety of the slice. Note that the signal from the lungs is white and from
muscles black. On the right of the same figure, the contrast has been
recovered with the exception of some outside FOV artifacts that anyway are
irrelevant to the receiver gain. Another important detail that shows the
improvement can be seen in Fig. 3.7. On the right, an axial slice, after the
automatic prescan, with noisy trachea and noisy background.
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Figure 3.7. Full coil gain (R1 & R2) axial image (left) and with reduced gain
(right), noisy trachea compared to black trachea. In addition, the background is
much smoother than the background in the full gain acquisition.

The background and trachea appear darker on the left, after manual prescan
with lower R1 & R2 values, with a clearly lower noise level, while also the
signal from the lung parenchyma appears higher.

It is interesting also to look at what happens on the background, in the signal
itself, by looking at the profile of the spokes of cones from saturated channels.
In Fig. 3.8. one can see the DC (central k-space point) signal profile of the
spokes for the same channel under manual calibration (upper) and under
overflowing artifact conditions (lower). Except for the amplitude of the signal,
which is significantly lower for the overflown channel, after the so-called
clipping takes place, the digitization failure is apparent. The sharp regional
peaks in both upper and lower diagrams exist because the acquisition is
respiratory triggered showing that the acquisition starts during midexhalation (higher amplitude) till it reaches full end-expiration (lower signal
plateau). In Fig. 3.9. one can see the profile of one spoke for all data points
from DC to the last point of the trajectory. Similarly, on the left, the profile
of the spoke with normal dynamic range shows high amplitude and a smooth
profile. Opposite, on the right diagram, the same spoke under overflown
effects where the amplitude is cropped and without a distinctive decaying
profile of the FID signal.
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Figure 3.8. Upper image: DC signal from the channel near the diaphragm. The
respiratory gating is evident from the sharp change from low to maximum signal.
Lower image: DC signal from the same channel that is overflown. The intensity of
the signal is much less (clipped) and the digitization failure is evident.
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Figure 3.9. One spoke-intensity profile from center (0 point) out (200th point). Left
image: normal dynamic range. Right image: channel with overflow artifact.
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Fig. 3.10. presents an illustrative detailed diagram of one spoke for all points
along its trajectory. The real time-dependent magnitude of the amplitude is
shown on the upper part while on the lower part one can see how the
digitization of the FID from ADC fails when there is signal cut off from too
large analog FID. Based on the coil configuration and the spatial sensitivity
of the receiver channels, the clipping comes with various amplitude-level
changes so the effects on the image quality are varying from prominent to
mild. A couple of examples are shown in Fig. 3.11. and 3.12. Fig. 3.11 shows
axial slices with their sensitivity profiles of a single channel with overflown
artifact and inversed dynamic range. The sensitivity profile in both cases is
not homogeneous and there is an increased sensitivity in the nearest body
region. In contrast, Fig. 3.12 shows two single-channels, one posterior and
one anterior of the same axial slice of a normal dynamic range scan. The
corresponding sensitivities here are homogeneous and well-contained.

induced voltage

analog FID from RF coil

time

signal cut off from too large analog FID

digitized FID from ADC

Figure 3.10. RF Overflow artifact (detail).The ADC fails to accommodate the
whole signal leading to clipping and digitization failure. This leads to the
characteristic washed-out effect on the images.
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Figure 3.11. RF overflow artifact examples of different axial slices with their
corresponding channel sensitivity profiles.

Figure 3.12. Two individual channel images and corresponding sensitivity profiles
of the same slice. Upper: posterior single channel selection, lower: anterior single
channel selection.
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3.7.

Spoke length and acquisition time

It is already stated that the more twisting we add to the spokes of the Cones,
the less cones we need to cover the k-space, so a reduction in scan time is
achieved. However, the TR is prolonged since more data points are added to
each duty cycle. With how much twisting one can go depends mainly on the
required resolution and is limited by the T2* since we do not want to keep
acquiring data points much further from the point that the signal has already
decayed. Fig. 3.13 shows the effect of different spoke lengths under no-spoiler
gradient condition. An axial slice with 220 points (left) and 280 points (right)
along the spokes is shown. While the acquisition with 220 points corresponds
to 880 us which is shortly after T2*, there is some transverse magnetization
left and this affects the image with the ringing artifacts. While with 280 points
that correspond to 1120 us, the remaining magnetization has completely
decayed and the image quality is recovered. Even if we use a spoiler gradient
and we select a too long spoke length the effect on the image will be the same
as in the left image of the Fig. 3.13, but there the reason is that the k-space is
filling with too many high frequency noise points.

Figure 3.13. Axial slice of a 2mm in-plane resolution scan with selected
posterior channels. Images with 220 points per spoke (left) versus 280 points per
spoke (right) with rewinder and spoiler gradients off. The longer trajectory
compensates for the absence of the spoiler and allows the tranverse magnetization
to sufficiently decay before next TR.
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3.8.

Slab excitation pulse

For our protocol, we enabled also a slab selective minimum phase ShinnarLe Roux (SLR) pulse. The nominal pulse width was set to 1128 us, the RF
pulse spectral bandwidth to 16 kHz with an absolute width of 0.14 us and an
effective width 0.0686 us. This was the first time to use slab excitation with
Cones so we could minimize outside-of-FOV artifacts across the main
perpendicular plane. For example, if the scan is acquired on the axial plane,
then the RF slab excitation pulse can hinder acquiring signal from outside
the coronal FOV (neck and abdomen). Furthermore one can adjust how much
of the FOV the acquisition can cover so for example with a slab-strecthing
factor of more than 1.0 we can acquire also body regions extending further
from the FOV or if the factor is lower than 1.0 we can see dark bands (signal
loss) on the upper and lower parts of the image whose extension is
proportional to the prescribed factor.
3.9.

Calibration Scan of Cones

For a well performing Cones, a calibration scan needs to be run once, after
the installation of the sequence so gradient delays can be adjusted. Purpose
of this calibration scan is to start the acquisition from the center of k-space
otherwise there is a halo effect around the imaging object. Practically, is an
offset correction of the sequence. Time delay between gradient kick on and
acquisition is set to 2 us since this gives the best performance and stability to
the sequence.
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3.10. Putting optimized Cones to the test
After all these optimization steps, Cones was tested on volunteers and
clinically. In this paragraph some of the initial testing scans will be depicted.
The protocol that was used had the following parameters: 1.4 mm in plane
resolution, 4 mm slice thickness, TE 0.028 us, TR 3.8 ms, FA 5 degrees, spokes
per trigger 500, no rewinder gradient, spoiler duration 2000 us and scan time
of 3:40 minutes. Fig. 3.14. shows high resolution examples of lung diagnostic
scans of cones with very good respiratory motion correction and very good
depiction of structures like vessels and airways inside the lungs in both axial
slices and maximum intensity projections (MIPs).

Figure 3.14. Upper images: axial single slices and MIPs of the axial, sagittal and
coronal planes of the scan acquired with 1.4 mm in plane resolution and 4 mm slice
thickness. Lower images: similarly, the images here from the scan with isotropic
resolution of 1.4 mm.
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Figure 3.15. Knee images with 3D UTE Cones with 1.4 mm isotropic resolution.
Apart for the lungs, the Cones were tested also for bone imaging with a knee
scan. In Fig. 3.15 the bone anatomy of the knee (femur, patella, tibia) is well
depicted with Cones. For bone imaging, we tested knee under-sampled
acquisitions reconstructed with the CG-SENSE method (see Chapter VI) as
well (Fig. 3.16).

Figure 3.16. Upper and lower images show two different axial slices of the knee.
Left images show the original fully sampled images, the medium ones show the 50%
under-sampled acquisitions with heavy artifacts and the right images show the
recovered images with the CG-SENSE reconstruction after 10 iterations that
yielded the best results.
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After testing, the best coil configuration is thought to be as small as possible
so we can cover the FOV that is prescribed as tight as possible to the lungs
with the fewest possible combination of channels. Otherwise the additional
unnecessary channels can induce outside of FOV artifacts in the image as
depicted in Fig. 3.17.
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Figure 3.17. Outside of FOV artifact. Smaller coil configuration solves the issue.

Finally, a clinical comparison between Cones, PROPELLER and LAVA-Flex
of a patient with double pleural effusion (Fig. 3.18) and neighbouring
inflammation. While PROPELLER provides excellent contrast for the fluid
depiction, it fails to deliver as much when it comes to the inflammation on
top. LAVA-Flex similarly has not as much contrast as Cones while both
PROPELLER and Lava-Flex do not capture lung parenchyma which is visible
in Cones (higher contrast between lung signal and background). As far as the
scan time is concerned, Cones came with 3:50 minutes, PROPELLER with 6
minutes and LAVA-Flex with a breathold of 20 seconds.

Figure 3.18. An axial slice of a patient with double pleural effusion and
inflammation on both lungs scanned with Cones (left), PROPELLER (center) and
LAVA-Flex (right).
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Cones was tested also on pediatric cases. Here some images are presented in
Figure 3.19 with healthy lungs in all three tomographical planes while in
Figure 3.20 scans of lung pathology with cystic fibrosis are shown. For
comparison, PROPELLER images are also shown.

Figure 3.19. 3D UTE Cones of
pediatric patient with healthy lungs on
axial, coronal and sagittal slices (left)
and Maximum Intensity Projection
(right)

with

comparison.
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PROPELLER

for

Figure 3.20. 3D UTE Cones (upper)
and PROPELLER (lower) axial slices
of

pediatric

patients

with

cystic

fibroris. Cystic fibrosis with airtrapping and mucus plugging were
among the common diagnosis.
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Figure 3.20. 3D UTE Cones (upper)
and PROPELLER (lower) axial slices
of

pediatric

patients

with

cystic

fibroris. Cystic fibrosis with airtrapping and mucus plugging were
among the common diagnosis.
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Figure 3.20. 3D UTE Cones (upper)
and PROPELLER (lower) axial slices
of pediatric patients with cystic fibroris.
Cystic fibrosis with air-trapping and
mucus plugging were among the
common diagnosis.
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3.11. Noise Estimation
In order to confirm that the signal that is detected in the lung is not
contaminated by artifacts, noise maps are generated from the data itself to
measure its magnitude on the images. The last 140 points along the spokes are
selected, beginning from the 300th point which corresponds to a time point of
1.2 ms after the acquisition gradient has started which mainly contain high
frequency noise since most of the lung signal has already decayed by then
(Fig. 3.21).

Figure 3.21. Upper: The real magnitude value of all points (440 in total) along one
spoke for all 18 channels. With red are denoted the points (300-440th point) that have
been taken into consideration for noise estimation. Lower left: detail of the real
amgnitude of one spoke of one channel. Lower right: the absolute magnitude of the
same spoke for the same channel.
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The sampling bandwidth is 256 kHz meaning a single data point acquisition
every 4 us. The mean and the standard deviation for both real and imaginary
parts, along all spokes for every coil element are calculated and the histograms
are extracted that resemble gaussian distribution as it is expected for noise
signal (Fig. 3.22). The mean is 0 while the standard deviation varies from
channel to channel. Based on the mean and standard deviation for every
channel, random artificial noise data are generated following gaussian
distribution characterized by these values for real and imaginary parts and
then are combined into complex numbers using MATLAB (Fig. 3.23). The
complex data that simulate an actual acquisition of the background, are
reconstructed using the standard 3D regridding method and k-space
trajectories of the original clinical scan. The final noise image is recontructed
using the root sum of squares method to combine images from all channels
(Fig. 3.24).

Figure 3.22. Upper: The mean of the real part of the selected points for noise
estimation, for all spokes for all channels. The mean is 0 and the distribution looks
gaussian for every mean, denoting the noisy nature of the signal. Lower: detail of the
mean value for one channel.
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A slice for both the clinical image and the noise image is selected and a ROI
with an area of 30 x 30 pixels is taken on the background for intercomparison
(Fig. 3.25). Since the mean signal can vary depending on the reconstruction
and scaling, we take the difference of the variance as a more reliable indicator
of the noise properties. The variance will be additive from the noise and
artifacts.

Figure 3.23. Upper: real part of all reconstructed noise-data for one spoke. The
high frequency profile of the signal around 0 mean is shown. Lower: detail of one
spoke signal profile. The noisy nature around 0 is shown.
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Figure 3.24. One slice of the estimated noise generated reconstructed image data
set after root mean square combination of all channels.

The slightly increased variance in the background ROI in the clinical image
should suggest some additional noise due to mild artifacts basicaly from
outside of FOV signal. In fact, the variance suggests that the background of
the noise generated image and the clinical image is of same order but with
small difference. Since the variance of the artifacts is additive, we subtracted
the variance of the pixel signals of the background ROI places on the clinical
image from the background ROI from the noise generated image.
varianceclinicalBGROI – variancenoiseBGROI = 0.0236 – 0.0198

[Eq. 3.2]

the variance of a sample is defined as the expected value of the square
deviation of pixel signal intensities from the mean signal intensity of the
whole ROI and it is an indicator of the spread of the signal intensities around
their mean.
1

variance (signal intensity) = n ∑ni=1 (signali – signalmean)2

[Eq. 3.3]

where n is the the total number of pixels inside the ROI and i is the counter
of the pixels. In percentage, this difference corresponds to 16.1% more
variance meaning that the background signal on the clinical image is more
than just pure noise suggesting some signal from artifacts.
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Figure 3.25. Background ROI placements for the same slice on clinical image (left)
and on estimated noise generated image (left) highlighted in red. The variance of
both ROIs is extracted and subtracted to determine the noise level on the clinical
image.

3.12. SNR map
For the above slice an SNR map was also calculated by producing 70 multiple
pseudo- replicas, utilizing a numerical method. It has been shown that phased
array channels present correlated noise [36]. By neglecting the existing noise,
we simulated multiple scans by adding the random correlated noise to the
image data after Cholesky decomposition of the noise covariance matrix of the
channels. MATLAB (MathWorks R2019a) was used for the data analysis.
In general, in MRI, the noise is additive, complex and follows gaussian
distribution. The reconstruction of the data introduces further noise and
affects the statistics. For example, the magnitude follows Rayleigh or Rician
distribution, the final image with root mean square combination of channels
presents more complicated noise profile while SENSE combination and
parallel imaging present linear distribution with spatial variation.
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Figure 3.26. Covariance matrix of the 3D multichannel complex noise generated
data normalized to 1. The higher the value the higher the signal correlation between
channels.

Figure 3.27. Correlation matrix of the noise data for each channel in decibel units.
Lowest value between -45 and -50 dB.
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First the noise generated data were normalized to the standard deviation for
each channel. Then the covariance matrix of the normalized 3D multichannel
complex noise generated data was calculated (Fig. 3.26). The correlation
matrix in dB units of the covariance was extracted as well (Fig. 3.27). Cholesky
decomposition was applied on the above covariance matrix to extract the
lower triangular matrix that denoted the signal correlation between all
channels. 70 pseudo-replica data sets were reconstructed following the
standard 3D gridding algorithm, by adding the random correlated noise
scaled by the cholesky factors, and the combination of the channels for the
final image was based on the conjugate complex method using the sensitivity
maps for each channel for this specific slice. Finally, the SNR image was
produced by taking the mean image over all 70 pseudo-replicas and dividing
it by the standard deviation across all 70 pseudo replica images (Fig. 3.28).
The image then is scaled to dB units based on the following equation:
SNRdB = 20 * log10 (SNR)

[Eq. 3.4]

Figure 3.28. SNR image in logarithmic scale with colorbar in dB units. The lungs
show higher signal intensity while the trachea lumen appears black denoting no extra
noise from any kind of artifacts.
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3.13. Conclusion
Optimization of the Cones technique reported in this chapter started as early
as in 2013 and was achieved gradually in subsequent years. Following the
conclusion of this effort, the manufacturer of the MR instrument used,
General Electric, has integrated the results of this work, adding an imaging
mode termed “Turbo Cones”.
Clinical evaluation has confirmed improved image quality, with less noise and
artifacts from respiratory motion and outside FOV, the sequence is more
stable than before and, most importantly, scan times have been cut in half on
average.
The scan time savings have been achieved by 1) stronger twisting of
trajectories on the cones, thus covering more k-space volume per shot. 2)
optimizing the duration of spoiler gradients, 3) removing the rewinder
gradient, and 4) minimization of dead time between TRs. Improvement in
image quality has been achieved by 1) improved gradient delay calibration, 2)
joint optimization of coil configuration and FOV size, 3) use of slab excitation
pulses, and 4) optimization of slice thickness and in-plane resolution with
respect to structural details of interest and SNR.
Regarding SNR assessment, this chapter has addressed the potential issue of
bias in ROI-based noise estimates caused by signal power in the background
due to artefacts and ringing. Image fluctuation due to thermal noise in raw
data has been determined by explicit propagation of synthetic noise of
equivalent covariance. In this analysis, bias in ROI-based noise assessment
due to signal leakage has been found to be negligible. On this basis, the
simpler ROI approach was adopted for subsequent SNR assessment,
including in Chapter IV.
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3D UTE Cones for assessment
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Be moderate in prosperity, prudent in adversity
Periander of Corinth
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Abstract
Background Magnetic resonance imaging (MRI) of lung parenchyma is
challenging due to the rapid decay of signal intensity by susceptibility effects
of aerated lung on routine fast spin echo sequences.
Objective To assess lung signal intensity in children on ultrashort echo-time
sequences in comparison to a fast spin echo technique.
Materials and Methods Retrospective study of lung MRI obtained in 30
children (median age: 5 years, range 2 months to 18 years) including 15
children with normal lungs and 15 patients with cystic fibrosis. On a fast spin
echo sequence with radial readout and an ultrashort echo-time sequence,
both lungs were segmented and signal intensities were extracted. Lung-tobackground signal ratios and lung histogram analysis between both patient
cohorts were compared using non-parametric tests and correlation analysis.
Results On ultrashort echo-time the lung-to-background ratio was age
dependent, ranging from 3.15 to 1.33 with strong negative correlation
(Rs=-0.85). Posterior signal was 18% and 11% higher than anterior for age
groups 0-2 and 2-18 years. The fast spin echo sequence showed no variation
of signal ratios by age or location with a median of 0.99 (0.98-1.02). Histograms
of ultrashort echo-time slices between control and aggravated cystic fibrosis
with mucus plugging and wall thickening exhibit significant discrepancies
that differentiate between normal and pathological lung.
Conclusion Signal intensity of lung on ultrashort echo-time is higher than on
fast spin echo sequences, is age dependent and shows a gravity dependent
anterior to posterior gradient. This signal intensity variation appears similar
to lung density described on computed tomography.
Keywords MRI, UTE, Cones, lung density, cystic fibrosis, pediatric
INTRODUCTION
Computed tomography (CT) is currently considered the gold-standard for
imaging the lung parenchyma. Nonetheless magnetic resonance imaging
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(MRI) is being used increasingly for assessing the lung and airways in children
[37-40]. Novel MRI techniques such as ultrashort echo-time and zero echotime sequences have recently boosted the clinical MRI application to lung
morphology and pathology [31, 41-45]. The big advantage of MRI for lung
imaging in children would be that it does not involve ionizing radiation which
is posing a substantial risk especially in young children who are the most
sensitive [46] thus could be used as radiation free alternative to follow-up CT
scans in pediatric patients [47]. This study involves cystic fibrosis patients in
order to validate the diagnostic value of our ultrashort echo-time sequence.
Other patients may benefit from a dose mitigation.

The proton density of the lung is 10 times lower than that of other organs and
the T2* relaxation time for the lung parenchyma is similarly short (1.43 ± 0.41
ms at 1.5-Tesla [48] and 0.85 ± 0.1 ms at 3-Tesla [17]). In addition to the low
proton density, strong susceptibility effects due to air-tissue interface (alveolar
microstructure) contribute to the fast signal decay. Conventional protocols
using spin-echo or gradient-echo pulse sequences with echo-times in the
range of milliseconds cannot detect the lung signal, because it has already
been decayed before it can be acquired.

Cones is a three-dimensional ultrashort echo-time sequence with a twisting
radial k-space trajectory and is a member of non-cartesian acquisition
schemes in MRI. Cones is able to achieve echo-times as short as 30 µs [21];
thus, it can deliver images that capture rapid decaying signal from lung
parenchyma. It includes an extended alternative version to three-dimensional
projection reconstruction, where the spokes twist around one of the axes that
result in shorter scan times with increased signal-to-noise-ratio. The more
twisting is added to the spokes, the more the readout of each spoke is
prolonged, leading to the coverage of k-space being done in a more efficient
and faster way, achieving overall shorter scan times (on average 2 times
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shorter), since fewer spokes are required to achieve the same k-space filling
[21]. The whole k-space is acquired through many size-varying cones, each of
them made up of a different number of spokes.

There have been recent studies [49-51] showing ultrashort echo-time
performance for pediatric cystic fibrosis lung cases, but to the best of our
knowledge, they were limited to diagnostics while others performed lung
density measurements related to CT [52-55]. These studies did not test lung
density visualization depending on age with three-dimensional ultrashort
echo-time Cones.

The aim of this study was to investigate the performance of ultrashort echotime for depicting lung signal intensities in relation to patients age and
compare it against the routinely used T2-weighted fast spin echo sequence.
Our hypothesis was that ultrashort echo-time may have higher diagnostic
value compared to the reference sequence as a result of its higher lung to
background signal intensity ratio (lung-to-background ratio) and that the lung
signal intensity could be correlated to lung density comparable to CT.

MATERIALS AND METHODS
Patient Population
This retrospective study included 30 patients who underwent lung MRI at 1.5Tesla at a tertiary university children’s hospital between 2015 and 2019.
Patients were split into two groups: 15 patients (10 females, 5 males, median
age of 6 years, range 0-18 years) with morphologically normal lungs were used
as a control group and 15 patients (4 females, 11 males, median age of 4 years,
range 1-17 years) were diagnosed with cystic fibrosis. Indications for chest MRI
examinations in the control group were as follows: 13 patients had respiratory
symptoms (wheezing, dyspnoea, airway compression, coughing, recurrent
pneumonia) and were examined to rule out vascular or pulmonary
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malformation or mediastinal tumour, from which 3 patients were found to
have innominate artery compression syndrome. 1 patient was referred to rule
out metastases in ovarian germ cell tumour in combination with whole-body
MRI while another 1 had immunodeficiency. The included patients and/or
their parents have given consent to retrospective data analysis. The study was
approved by the responsible government ethics committee.

Imaging techniques
All patients were scanned according to our institutional lung protocol [40]
which has also included an axial three-dimensional ultrashort echo-time
Cones since 2015. The patients were scanned in supine position on a 1.5-Tesla
system (Discovery MR450, GE Healthcare, Waukesha, WI). The MRI protocol
included several sequences for dedicated lung imaging such as a respiratorygated T2-weighted fast spin echo sequence with Periodically Rotated
Overlapping Parallel Lines with Enhanced Reconstruction (PROPELLER) in
transverse orientation, that we used as a reference sequence for the
respiratory-gated Cones sequence.
Respiratory gating was achieved by wearing belts to capture the physiological
diaphragmatic signal. Cones was twice as fast as the fast spin echo sequence.
24 patients (9 controls/15 cystic fibrosis) were scanned with a surface coil (32channel cardiac, GE Healthcare) while 6 patients were scanned with a flex
surface coil (12 channels, GEM Flex Suite, GE Healthcare). 7 controls and 9
cystic fibrosis patients were sedated during the scans. The acquisition
parameters for both sequences are shown in Table 1.
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Table 1: Acquisition parameters of Cones and fast spin echo
Parameter

Cones

Fast spin echo

TR (ms)

3.7

12000

TE (ms)

0.028

72

740

-

5

140

26x26 / 36x36

26x26 / 36x36

Slice thickness (mm)

2.0 / 3.0

4.0-8.0

In-plane resolution
(mm)

1.3

0.8

Acquisition matrix

384x384

288x288

Receiver BW (kHz)

256

62.5

3-5 minutes

~ 6 minutes

Spoke readout time (ms)
Flip angle (degrees)
FOV (cm2)

Acquisition time

TR=repetition time, TE=echo-time, FOV=Field of view, BW=Bandwidth

Quantitative analysis
Signal intensity of both lungs and background were measured for both
cohorts in both sequences. In order to measure the lung signal intensity,
manual segmentation of both lungs was applied by appropriate intensity
thresholding, excluding high intensity vessels (Fig. 4.1). Lung segmentation
was performed using OSIRIX MD (Pixmeo Sarl 2016). To measure the
background signal intensity, four two-dimensional regions-of-interest, each
with size of 20 mm2, were drawn in the air anterior to the thorax in each slice
(Fig. 1). The average of all region-of-interest signal intensities was calculated.
One additional two-dimensional region-of-interest of variable size was drawn
inside the trachea on an axial slice at the carina level to measure the signal
intensity of the air column within the trachea.
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a

b

Figure 4.1. a. Manual lung segmentation by thresholding and region-of-interest
placement. a Axial slice showing the manual segmentation of lung parenchyma
(green). b Axial slice with background (green) and lung (red) regions-of-interest

For controls, two-dimensional regions-of-interest with a size of 20mm2 were
drawn in anterior, middle and posterior parts of both lungs (3 regions-ofinterest per lung), for both sequences at the level of the carina (Fig. 4.1). The
regions-of-interest were placed carefully in lung parenchyma areas without
including vessels to avoid signal contamination.
The whole lung signal intensity was calculated as the average signal intensity
of both segmented lungs. For the different lung anatomical regions for
controls, average anterior (respectively middle and posterior) signal intensity
was calculated as the signal average of the anterior regions-of-interest in left
and right lungs (respectively middle and posterior regions-of-interest).
The lung-to-background ratio for the whole lung was calculated as the average
lung to background signal intensity.
For signal-to-noise ratio and contrast-to-noise ratio, the region-of-interest in
the trachea was taken as the reference background signal since it is more
representative for the noise level within the lungs.
The

signal-to-noise

ratio

Signal-to-noise ratioMRI, lung =

was

calculated

lung signal intensity
standard deviation of trachea

as

follows:

.

The contrast-to-noise ratio was defined as follows:
Contrast-to-noise ratioMRI, lung, trachea =

lung signal intensity - trachea signal intensity
standard deviation of trachea
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.

Histograms of a Cones axial slice for controls and two patients with cystic
fibrosis, one with mucus plugging and the second one with wall thickening,
were extracted, using pyOsirix tool [56], to measure skewness and kurtosis of
the pixel intensity distributions. Skewness describes the asymmetry of the
distribution, while kurtosis shows the range of the intensity distribution.

Statistical analysis
Descriptive statistics were used to display the lung-to-background ratio in
terms of mean and median with the corresponding standard deviation. Twotailed Wilcoxon signed ranked test and Mann-Whitney U test were used to
assess whether the difference of the lung-to-background ratio between
sequences and patient groups were statistically significant, and p values ≤.05
were used. Spearman rank correlation test was performed to test dependency
of the lung-to-background ratio to age. For the lung-to-background ratio
comparison between controls and cystic fibrosis patients only children above
2 years were considered since there were no newborns with cystic fibrosis
included in our study; therefore, the sample population consisted of 11
controls and 13 cystic fibrosis patients. Statistical analysis was performed in R
(version 3.5.1; R Foundation for Statistical computing, Vienna, Austria).

RESULTS
For the 15 controls, the lung-to-background ratio for Cones was higher than 1
for all ages. (Fig. 4.2).
The highest lung-to-background ratio was exhibited for newborns with values
of 3.15 and 3.00 for the patients aged two and six months, respectively. For
the patients aged 12 and 14 months we depicted a lung-to-background ratio
drop to 2.48 and 2.35, respectively. The lung-to-background ratio was almost
stable between the age of two and 18 years (1.60 to 1.33). There was a strong
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negative correlation between the lung-to-background ratio of Cones and
increasing age (Spearman correlation coefficient Rs = -0.86; p<0.001).
For the fast spin echo sequence, the lung-to-background ratio was
approximately 1 for all ages with negligible variations. In cases with lung-tobackground ratio below 1, the background signal was slightly higher than the
lung signal due to noise variations. Qualitatively, Cones showed higher
contrast inside the lung compared to our reference sequence. The difference
of the lung-to-background ratio between Cones and fast spin echo was found
to be statistically significant (p<0.002).
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Figure 4.2. Lung-to-background signal intensity ratio curve depending on age and
gravity gradient a Whole lung-to-background ratio curve, for Cones and fast spin
echo for controls related to age. b Regional lung to background ratio for anterior,
middle and posterior areas for Cones and fast spin echo for controls related to age

The regional age-dependent lung-to-background ratio curves for the three
defined regions-of-interest in the anterior, middle and posterior pulmonary
regions are shown in Fig. 4.2. The posterior lung-to-background ratio was
increased compared to the anterior and middle lung-to-background ratio for
all ages and was highest for newborns with a decrease until the age of two
years. There were no differences in lung-to-background ratio of the fast spin
echo sequence with regard to the region-of-interest location.

Signal-to-noise ratio and contrast-to-noise ratio curves (Fig. 4.3 and 4.4) were
higher for Cones than for the fast spin echo sequence for all ages. We
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observed the highest values in newborns and a rapid decrease to the age of
two years. Signal-to-noise ratio ranged from 27 in newborns to 14 in young
adults, whereas contrast-to-noise ratio dropped from 18.0 to 3.6. Signal-tonoise ratio of the fast spin echo sequence was 0.81 to 4.20, while contrast-tonoise ratio was 0.06 to 0.40.

Figure 4.3. Whole lung signal-to-noise ratio curves, for Cones and fast spin echo,
for controls related to age
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Figure 4.4. Whole lung to trachea contrast-to-noise ratio curves, for Cones and fast
spin echo, for controls related to age

We divided the control group into two age groups (0 - 2 years and 2 - 18 years)
in order to show the relationship between anterior and posterior lung-tobackground ratio. Fig. 4.5 shows the correlation of anterior (x-axis) and
posterior regions-of-interest (y-axis) for both age groups. The corresponding
correlation coefficients were R12 = 0.9122 and R22 = 0.9526, which showed high
correlation over 91% and 95% respectively for the two age groups. In addition,
the posterior lung-to-background ratio was 18% higher than the anterior lungto-background ratio in the younger age group and 12% higher in the second
age group.
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Figure 4.5. Correlation of anterior to posterior region-of-interest signal intensities
for Cones, for both control age groups between 0-2 years old and 2-18 years old

For the cystic fibrosis cohort, a variety of pathologies were found, like
bronchiectasis, bronchial wall thickening, mucus plugging and air trapping
depending on the stage of the disease. The median lung-to-background ratio
was not significantly increased (p>0.2) between cystic fibrosis patients and
controls for all ages (1.75-1.53).
Mild cystic fibrosis cases were the most common; the remaining cystic fibrosis
patients had predominantly mucus plugging and wall thickening rather than
air trapping. Minimum and maximum lung-to-background ratio values for
controls and cystic fibrosis patients were 1.33-1.47 and 3.15-2.12, respectively.
We decided to select only the right lung for the histogram analysis. All
controls and two cystic fibrosis patients with prominent mucus plugging and
wall thickening were assessed. Only the aggravated cases were taken into
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consideration since mild cystic fibrosis cases didn’t present large pixel
distribution changes to the controls. Fig. 4.6 shows a representative axial slice
of the segmented lung of a control subject and of both cystic fibrosis patients.
All histograms were positively skewed. The average skewness among all
controls was 1.75, for the cystic fibrosis patient with mucus plugging 0.87 and
for the patient with wall thickening 1.90 while the kurtosis was 1.56, 0.52 and
4.4, respectively.

Figure 4.6. Histogram diagrams of pixel intensities of the segmented right lung of a
a control patient (upper), b a cystic fibrosis patient with mucus plugging (middle) and

c a cystic fibrosis patient with wall thickening (lower) scanned with Cones
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The qualitative assessment of Cones and the fast spin echo sequence reveals
the increased lung parenchymal intensity in young children depicted by
Cones that decreases with increasing age (Fig. 4.7). The fast spin echo
sequence fails to show any contrast change depending on age.

Cones

Fast spin echo
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Figure 7. Cones (left) and fast spin echo (right) axial slices at carina level for
patients with representative ages of 5, 14, 31 months old and 3, 6, 14 and 18 years old
in descending order.

DISCUSSION
With this retrospective study in children who underwent clinically indicated
lung MRI, we showed that lung signal intensity measured by ultrashort echotime Cones correlates to lung parenchymal density while a standard fast spin
echo sequence failed to show age-dependent signal changes.

While T2* is very short in lung, T2 is still relatively long [18]. The fast spin
echo sequence has a radial acquisition scheme where a group of parallel data
lines are acquired together while rotating around the center of k-space leading
to inherent oversampling of the central k-space [57]. It is more robust to
motion, providing in-plane motion correction along with rotation and
translation [58, 59], and provides better image quality [60] while it is widely
used in the MRI of the lung [61-63]. Nowadays it is being used with respiratory
gating for patients that are unable to make breath-hold scans, for example
children with cystic fibrosis [20].

The age-dependency of the lung signal intensity from newborns up to two
years based on Cones imaging, was in agreement with the CT findings in the
literature. The lung density was higher for newborns and infants until the age
of two and then stabilised until the age of 18 years with a steady but mild
decrease [64], while the lung-to-background ratio profile follows the density
trend of the CT findings. Newborns had three times higher lung signal
intensity than the background. As from the age of two years up until
adulthood the lung-to-background ratio remained stable at about 1.5.
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Another finding of the study was the demonstration of the vertical gravity
gradient of the lung density. Posterior lung-to-background ratio (as well as
posterior signal-to-noise and contrast-to-noise ratios) was constantly higher
than the anterior lung-to-background ratio (respectively anterior signal-tonoise and contrast-to-noise ratios) for all patients independent of age, as
previously shown in the literature [65-68]. In addition, the lung-tobackground ratio of the middle lung part appeared to be lower than the
anterior lung-to-background ratio, agreeing with previous findings [69] that
showed that the average density of the lung region near the thoracic wall was
lower than the average density of the whole lung, since the middle region-ofinterest is placed near the thoracic wall. The linear regression fit for the two
age groups, newborns up to two years and over two years showed that the
posterior intensity was higher than the anterior intensity.

Cones was able to detect higher lung signal intensity, showing lung
parenchyma, for all ages compared to the reference sequence. The fast spin
echo sequence was not capable of detecting the parenchyma since its echo
time was substantially higher than the lung T2* at 1.5T. Fast spin echo
sequences are not suited to assess lung parenchyma of aerated lung, whereas
they are able to depict consolidations. Whole lung signal-to-noise and
contrast-to-noise ratios of Cones were increased compared to our reference
sequence for all patients.

In accordance with previous studies the comparison of lung-to-background
ratio of controls versus cystic fibrosis patients did not reveal a statistically
significant difference [70]. However, the statistics showed that the median
lung-to-background ratio of the patients with cystic fibrosis was higher than
that of the controls while the whole interquartile range of the lung-tobackground ratio of the cystic fibrosis patients was narrower and was within
that of the control patients. This could further show that there were both
increases and decreases in regional lung intensity in the presence of cystic
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fibrosis pathology, due to either air trapping or infiltrative changes like wall
thickening and mucus plugging, as previously suggested [71]. The higher
median lung-to-background ratio may be attributed to more cases with mucus
retention that increases the regional lung intensity. Median lung-tobackground ratio does not seem to be a useful indicator for differentiating
between normal and cystic fibrosis altered lung parenchyma.

Analysis of the pixel-intensity histograms of the right lung of controls and the
cystic fibrosis patient with prominent mucus plugging showed different
profiles with variations in skewness and kurtosis that were in agreement with
the CT findings by Lavernhe et al [71]. Skewness and kurtosis of the cystic
fibrosis with mucus plugging were significantly lower than the controls. These
decreases in skewness and kurtosis correspond to the increase of the
scattering and reduction of the asymmetry of the density distribution due to
lung heterogeneity within the same slice. Using this approach Cones revealed
another quantitative aspect of its use for cystic fibrosis patients. In contrast,
the skewness and the kurtosis of the cystic fibrosis patient with wall
thickening were higher compared to that of the controls. Cones could be
further used for differentiating between cystic fibrosis cases. Qualitatively, the
histograms exhibit different distribution profiles.
We can estimate parenchymal lung density with Cones but not with a fast spin
echo sequence, both in normal lungs and in lungs with pathology, because
lung intensities measured on Cones show the same age and gravity
dependence as lung density measured on CT. The possibility to quantify
parenchymal lung intensity (as measure of lung density) by MRI may open up
new possibilities grading or assessing lung pathology, particularly diffuse
pathology such as overinflation (in congenital lung lesions or in small airways
disease, e.g. cystic fibrosis), lung hypoplasia (in patients with congenital
diaphragmatic hernia) or emphysema.
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Limitations and Considerations
MRI signal depends on parameters set by the operator as well as patient
characteristics. Background and lung signal for that matter vary even between
patients of the same age. Background signal distribution varies along field-ofview as well, with the noise level being the lowest at the top of the coronal
field-of-view near the neck and highest at the bottom over the abdomen. The
noise distribution was not homogeneous, so noise appeared mild in the upper
part of the body near the neck and more prominent towards the abdomen. To
overcome noise inhomogeneities we used the average as a reliable metric of
noise over the whole covered area.
Patient size and weight affect the signal intensity as well. Optimal coil
configuration to cover the prescribed field-of-view sufficiently seems to
deliver the lowest noise level and there is a variability of the coil set up
between different patients. Another limitation is that the patients were not
scanned with the same coil (most of them were scanned with the 32-channel
cardiac coil but some were scanned with a full flex coil).
The slice thickness of Cones varied between 2 and 3 mm, whereas the inplane resolution was fixed. However, calculating the lung-to-background ratio
was expected to cancel these intrapatient signal differences due to different
voxel sizes. The fast spin echo scans were acquired with thicker slices than
Cones but with higher resolution leading to smaller voxels compared to
Cones. Cones had 3.4-5.0 mm3 while the reference sequence was acquired
with 2.6-5.1 mm3. Thus, in some cases Cones had larger voxels while in most
cases the intersequence voxel size was comparable. The MRI signal is
proportional to the voxel size, however no image acquired with the fast spin
echo, regardless of voxel size, could provide any higher lung signal.
The regions-of-interest for assessment of the gravity gradient were not drawn
at the exact same positions in all patients due to their different sizes, but
definitely at the same anatomical regions. Insufficient coil intensity correction
may have contributed to the middle lung region-of-interest lung-tobackground ratio being lower than the anterior one. Some of the newborns
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presented atelectasis due to sedation. In these cases, regions-of-interest had
to be placed next to the atelectasis to avoid errors in signal intensity. Since
the whole lung segmentation was done by appropriate thresholding,
atelectatic areas were not included in the measurement of the signal intensity.
Due to the fact that the scans were acquired with respiratory gating, the lung
signal comes predominantly from the end-expiration phase. However, some
of the inhaled air (except the residual lung volume) may be present in some
cases due to irregular breathing pattern, leading to signal loss and potentially
negligible or mild motion artifacts.
The small sample is another limitation that should be considered while
differences between female and male patients were ignored even though
female lung density has been shown to be higher than men’s [69]. Despite
that, we were able to show the age dependence of the signal intensity of the
lung. The effect of sedation on the extraction of the signal intensities of lung
volumes was deemed negligible because patients of all ages were sedated and
the decrease in older patients was still evident.
Finally, MRI lung signal intensity was not compared with CT lung density in
the same patients because of the retrospective study type. Lung is among the
most radiosensitive organs and we avoid unnecessary exposure due to CT.
Although this is not a hard quantification, the age-dependent curve of the
lung signal intensities by Cones follows the same fashion as lung density in
CT literature.

Conclusion
To conclude, the lung signal intensity assessed by Cones seems to represent
lung density. This might open up new possibilities for MR quantification of
lung pathologies.
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Chapter V
Retrospective DC self-gated navigator
for lung motion correction
All men are wicked
Bias of Priene

Part of this chapter was published as an abstract at the 2014 International Society
for Magnetic Resonance in Medicine (ISMRM) conference in Milan, Italy.
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In addition to the previous work, the next small project concerns data-driven
lung motion correction. As it has been already mentioned, lung imaging is
challenging due to lung inherent low proton density, very short T2*, large
susceptibility effects and respiratory motion that can introduce artifacts and
degrade image quality. Standard methods to avoid respiratory motion artifacts
include external devices like respiration belts [72]. UTE sequences can be used
in free-breathing acquisitions leading to satisfactory image quality. Image
quality can be further improved if a self-gating navigator is applied, taking
advantage of the DC signal inherent oversampling in 3D Radial trajectory
sequences [73-75]. PR imaging presents robustness to motion. Other
advantages involve not using extra RF pulses for determining navigators and
external devices [76]. Cones sequence may not be that robust to respiratory
motion, but it yields images significantly faster. This is a first try, to our
knowledge, to implement a Cones retrospective respiratory gating based on the
detection of the respiration profile by DC signal and gating of the endexpiration phase.

Data from healthy volunteer subjects with normal breathing cycle were
acquired on a GE Discovery MR750w 3T scanner. The acquisition time per
scan was 4.10 minutes with a 3D Cones, fast spoiled gradient echo pulse
sequence

with

TR=7.6

ms,

TE=0.028

ms,

AQ=1152

us,

FA=6o,

FOV=30*30*26.5 cm3, isotropic resolution of 1.6 mm and 160 slices. The
rewinder gradient was switched on with a duration 0.7 ms and the spoiler
gradient had a duration of 6 ms which is the main component of the TR
duration. The central k-space point, containing the DC signal from one of the
coil elements that are near to the diaphragm and can record lung motion was
chosen for the navigator extraction. Four identical scans were acquired, and
the DC navigator was extracted from each of them. After superimposing and
rescaling all 4 navigators, the spokes corresponding to end-expiration phase
were selected for all coils. The final data for reconstruction had the size of
one acquisition with a mixture of spokes from all scans that meet the
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condition of the highest values of the MR signal corresponding to the endexpiration phase. For comparison, purely radial (projection-reconstruction,
PR) scanning was performed with the same parameters, but shorter TR of 3.7
ms, and AQ=816 us. Image reconstruction was done offline using MATLAB
(The Mathworks, Natick, USA) with self-written code for the 3D gridding.

Fig. 5.1 shows the extraction of the best DC signal from the coil that is sensitive
near the diaphragm. DC detects the respiratory motion with the higher
amplitude representing the end-expiration phase. We can extract the clear
respiratory profile by low-passing the signal with a cut-off frequency of 0.2 Hz.
However, the channel that is near the heart, can detect also the cardiac signal
if the signal is low-pass filtered with a cut off frequency of 1 Hz. Normally the
lung breathing cycle has a frequency that ranges from 0.1 to 0.5 Hz while the
cardiac beating cycle ranges from 0.6 Hz up t 3 Hz [74]. Fig. 5.2 shows a detail
of the low-pass filtered respiration profile from the coil near the diaphragm.

Figure 5.1. Top: raw DC signal profile for the selected channel near the
diaphragm. Bottom left/right: Cardiac & respiratory signal profile respectively
after low-pass filter applied.
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Time [s]
Figure 5.2. Respiration pattern detected by the DC signal from the coil located near
the diaphragm (detail).

The space near the central k-space includes the low frequency signals. Since
the central k-space represents the signal with zero frequency, this signal comes
from the whole excited patient volume. The inherent periodic changes, like
repiration or cardiac beating can be captured from the DC signal of the MR
image data which is the single-one not-spatially encoded data point of the
acquisition. After setting up a triggering acquisition window (e.g. over 50% of
the signal amplitude) and combining the spokes of multiple scans that meet
this criterion, the final data set to be reconstructed is as long as one scan and
all of the spokes relate to the end-expiration phase, so it kind of simulated
multiple breath-hold acquisitions.

Using this intrinsic triggering with PR acquisition would further improve the
robustness to motion artifacts. For comparison the difference in acquisition
schemes between PR and Cones can be seen in the Fig. 5.3 and 5.4 for both 2D
and 3D scans.
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Figure 5.3. Projected Radial acquisition. Upper: 2D PR x-y plane, Lower: 3D PR kspace. The k-space is sampled through radial spokes and oversampled center should
be noted.

95

Figure 5.4. 3D UTE Cones acquisition. Left: 3D Cones k-space. Right: 2D Cones
x-y plane showing the spokes and the inherently oversampled k-space center.
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Figure 5.5. The DC signal in the time-domain from the same channel for all four scans.
The consecutive scans were acquired with one 4 NEXs scan.

Fig. 5.5 exhibits the DC signal for the same coil for all consecutive scans which
was actually a 4-NEX scan. So now what needs to be done is to superimpose all
of 4 DC signals (Fig. 5.6) and to define a gating window, e.g. 50% (Fig. 5.7). The
last stage of the retrospective self-gating is shown in Fig. 5.8 where the DC
navigator out of all 4 DC signals was selected only by maximum-value spokes
that corresponded to the end-expiration. 81% of the spokes used, corresponded

DC Signal [a.u]

to the end-expiration phase.

Time [s]
Figure 5.6. Superposition of all four DC navigators (blue-red-green-black) (detail).
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Figure 5.7. Superposition of all four DC navigators normalized to 1 and scaled
(detail). The black dotted line denotes the lower threshold for the end-expiration
phase. The respiratory gating window used is 50% of the whole respiration cycle.
Due to the non-existence of any frequency encoding, the central point of the
k-space represents the total signal of the excitation volume, in this case the
lungs. During Cones the whole imaging volume is excited. This has the
advantage of reducing the impact of inflow and motion effects of unsaturated
spins into the planned imaging volume on the intensity profile of the DC
signal. The diaphragm (as well as the heart) are the moving organs during the
scan that still cause sufficient spin density variations and can induce motion
variations of the DC signal.

Figure 5.8. Selection only of those spokes (black bold line) that correspond to the
highest DC signal amplitude making sure that the signal for reconstruction is
correlated to the end – expiration phase.
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Figure 5.9. Sagittal slices (upper) and MIPs (lower) of gated (left) and free-breathing
(right) scans.
Fig. 5.9, show respectively montages of axial (upper), coronal (middle) and
sagittal (lower) single slices and MIPs between free breathing (1st and 3rd
column) and gated (2nd and 4th column) scans. The gated images indicate
resolution recovery, lessened blurring artifacts, that are more pronounced in
the diaphragm area in the free breathing scans, and higher anatomical
accuracy and diagnostic value.

Figure 5.10. Free-breathing UTE lung scan coronal slices. (left) 3D UTE Cones.
(right) 3D UTE PR scans. Scan times 1:50 minutes and 4:35 minutes, respectively. PR
displays a sharper image resulting in a better delineation of the diaphragm and
heart.
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Fig. 5.10 is an example of the superiority of PR to Cones when it comes to
motion. PR is more robust to motion and this is shown in a free breathing
scan. The PR scan delivers sharper images than Cones at the expense of
longer scan time.

This is also evident when respiratory triggering is used. One would expect that
the image quality would be equal but Fig. 5.11 shows otherwise. For the same
parameters, PR delivers again much sharper images as can be seen with single
coronal slices and axial MIPs.

Figure 5.11. Prospective respiratory gated UTE lung-scan coronal slices. (upper
left) 3D UTE Cones. (upper right) 3D UTE PR scan. Scan times 2:42 minutes and
6:36 minutes, respectively. PR general impression is better than Cones resulting in
less blurring of the depicted structures (shown by the orange arrows on both
images). (lower left) Maximum intensity projection (MIP) of 3D UTE Cones of 12
axial slices. (lower right) MIP of 3D PR 1of 2 axial slices. Similarly, motion
blurring artifacts on PR are absent on both lungs (orange arrows).
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One cause of difference in sharpness between the radial and cones scans is
signal apodization by T2* decay, which was somewhat more pronounced with
the cone readouts of 1152 us than with the radial readouts of 816 us duration.
In addition, the cone readouts are expected to be slightly more sensitive to
motion. Radial sampling is known to be quite robust against motion artifacts
because it does not exhibit any specific phase-encoding directions. As a result,
motion-related signal error does not form distinct ghosts but is distributed
diffusely across the entire image. Due to their partial spiral nature, cones will
suffer slightly more coherent motion effects, including blurring as observed,
e.g., in the diaphragm.

Finally, Fig. 5.12 shows the pixel intensity profile of the red and blue lines
drawn along the interface between the lung and the diaphragm of both gated
and free-breathing coronal slices. The sharp peak on the red line indicates the
sharp transition from the lung to the diaphragm denoting efficient motion
correction.

Even though this project could not be further realized and integrated into the
clinical routine, since the reconstruction is done offline using MATLAB, and
it is time consuming, it shows that respiratory pattern can be identified from
signal profile of the central point of k-space and be used for retrospective selfgating of 3D-UTE sequences. The implementation of a self-gated acquisition
leads to better resolution and overall image quality, correcting for the lung
motion and potentially enabling the imaging of lung parenchyma.
deliver shorter scan times than the PR as well.
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Cones

Figure 5.12. The right diagram shows the intensity profile of the pixels alongside the
red (gated) and blue (free-breathing) lines near the diaphragm. The sharp peak of the
red line denotes the efficiency of the motion correction in the gated image.
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Chapter VI

Non-Cartesian CG-SENSE
reconstruction for 3D UTE Cones
Know thyself
Thales of Miletus

Part of this chapter was published as an abstract at the 2016 ISMRM
conference in Singapore.
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The last research branch of this thesis’ tree has to do with the implementation
of parallel imaging using Cones for fast lung imaging. UTE can provide images
with lung parenchyma visualization [55] that can be used for MR attenuation
correction mapping for PET/MR. Still scan times can be long for both high
resolution diagnostic imaging and attenuation map extraction. In the literature
at that time, there were other proposed methods for non- Cartesian parallel
imaging [77] but they included only 2D trajectories. That was the reason we
developed a conjugate - gradient SENSE (CG-SENSE) non-Cartesian parallel
reconstruction [78] for Cones [21] to test whether an effective reduction of
clinical scan time as well as preservation of the image quality is clinically
feasible.

Data from healthy volunteer subjects were acquired on a GE Discovery
MR750w 3T scanner. A fully-sampled and a 4x-undersampled scans were
acquired. Acquisition time for the fully- sampled scan was 3 minutes and 19
seconds and for the under-sampled scan was 49 seconds with a Cones
sequence:

slab

selective

minimum

phase

SLR

pulse,

TR/TE/FA

4ms/0.028ms/7o, FOV=30*30 cm2, 1.4 mm spatial resolution and 140 slices, BW
250 kHz, 500 points along each spokes. For both scans, prospective gating was
applied with 500 spokes per trigger. The parallel reconstruction algorithm was
based on the CG-SENSE method and Kaiser- Bessel gridding with
oversampling ratio of 1.2 and kernel width of 5. As template for the gridding
operation, the Matlab NUFFT toolbox by Fessler was used [35]. Coil sensitivity
maps were acquired from the original data set through the eigendecomposition method [79]. For the regridding and inverse gridding
operations, NVIDIA Compute Unified Device Architecture were utilized,
based loosely on the code developed by Knoll [80]. A threaded computational
operation was used where the 3D k-space was actually broken down to a
number of subparts and calculations were performed in parallel. CUDA MEX
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functions ran on MATLAB 8.1 on a computer with 4 GPU cores. The number
of iterations - with maximum peak SNR and minimum mean squared error
compared to the fully-sampled data – that yielded best results was ten. Total
reconstruction time of the CG-SENSE algorithm was around 5 minutes.

Fig. 6.1 shows a montage of the original data set, the 4x-undersampled and the
CG-SENSE parallel reconstruction -with 10 iterations- axial slices (upper
images) and MIPs (lower images). Fig. 6.2 and 6.3 respectively show montages
of the sagittal and coronal views. The extracted sensitivity maps, from the data
itself, using the eigen-decomposition method, for all 9 channels are shown in
Fig. 6.4. For quantitating the lung density signal, ROIs were drawn on the
anterior and posterior part of either lung & on the background as it can be
shown in Fig. 6.5. Then the lung to background signal ratio was calculated for
each lung ROI with the corresponding neighbouring background ROI. Fig.
6.6 shows the signal ratios for all anatomical structures (LR-left right, LA-left
anterior, RP-right posterior, RA-right anterior) for all reconstructions (original
– 4xundersampled – CGSENSE).

Figure 6.1. Upper images: single axial slices for original data, 4x-undersampled
and CG-SENSE reconstructed with 10 iterations. Lower images: Maximum
Intensity Projection axial slices) for original data, 4x-undersampled and CGSENSE reconstructed with 10 iterations.
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Figure 6.2. Upper images: single sagittal slices for original data, 4x-undersampled
and CG-SENSE reconstructed with 10 iterations. Lower images: Maximum Intensity
Projection sagittal slices) for original data, 4x-undersampled and CG-SENSE
reconstructed with 10 iterations.

Figure 6.3. Upper images: single sagittal slices for original data, 4x-undersampled
and CG-SENSE reconstructed with 10 iterations. Lower images: Maximum Intensity
Projection sagittal slices) for original data, 4x-undersampled and CG-SENSE
reconstructed with 10 iterations.
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Figure 6.4. Channel sensitivity maps of an axial slice based on the eigendecomposition method (9 receivers). Brighter regions denote higher regional
sensitivity of the receiver channels.

Figure 6.5. Original data set, 4x-undersampled a CG-SENSE with 10 iterations axial
slice with ROIs drawn on the left anterior (lung and background), right anterior (lung
and background), left posterior (lung and background) and right posterior (lung and
background).
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Figure 6.6. Lung to background ratio for all anatomical structures (left anteriorLA, right anterior-RA, left posterior-LP and right posterior-RP) for all
reconstructions (red curve-original fully sampled data, blue curve-4x-undersampled
and green curve-CGSENSE with 10 iterations).
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Finally, Fig. 6.7 and 6.8 show quantitative information in diagrams of the mean
squared error (MSE) and peak SNR (PSNR) of artifact-free selected axial slices
of CG-SENSE parallel reconstruction for various iterations compared to the
original fully-sampled images. The number of iterations tested were arbitrarily
selected and were 5, 8, 10, 15, 20 and 30. The MSE is defined as:

1
N
∑M
eMSE = MN
# (n,m)-g(n,m)]
n=1 ∑m=1 [ g

2

[Eq. 6.1]

where 𝑔(𝑛, 𝑚), 𝑔0(n,m) are the original and CG-SENSE reconstructed images
and n, m the dimensions of the image. The MSE can compare the recovery
level of the original image by the parallel-reconstructed one, so it is a measure
of image quality. It computes the average of the squares of the errors of
deviations between the two images. Mathematically speaking this is the
difference between the estimator and what is estimated, here the original and

Mean Squared Error

MSE with 0.75 under-sampling with CG-SENSE

Number of CG-sense iterations

Figure 6.7. Mean squared error with 0.75 under-sampling for various number of
iterations with CG-SENSE.
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the CG-SENSE image. However, one of the disadvantages of MSE is that it
depends strongly on the image intensity scaling.
The PSNR avoids this constraint by scaling the MSE according to the image
range and is defined as follows:

PSNR = -10 log

eMSE
10 S2

[Eq. 6.2]

where S is the maximum image pixel value, and PSNR is measured in decibels
(dB). Its main drawback is that the signal strength is estimated as the square
of S (S2) rather than the actual signal strength for the image. It provides a
reliable measure for comparing recovery results of the same image.

Peak SNR [dB]

PSNR with 0.75 under-sampling with CG-SENSE

Number of CG-sense iterations

Figure 6.8. Peak Signal-to-Noise ratio with 0.75 under-sampling for various
number of iterations with CG-SENSE.
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Like the previous sub-project, this one, due to the complexity of the data
handling, could not be used clinically so we tried it only with a limited number
of volunteers. Fig. 6.1, 6.2 and 6.3 show significant SNR recovery with CGSENSE from the 4x-undersampled images for all tomographic planes. As
expected, the CG-SENSE cannot match the original SNR but yields good
image quality for the specified scan time which is 49 seconds. The CG-SENSEreconstructed images have both suppressed noise profile and image
degradation due to under-sampling artifacts. Fig. 6.6 shows the recovered lung
density signal of the CG-SENSE compared to the under-sampled data set. It is
worth noting that there is higher lung signal towards the posterior part (left
and right) due to the supine positioning of the patient (lung is compressed due
to gravity towards the bed). However, parameters that may play significant role
for the outcome result, are the method that the sensitivity maps are acquired,
the patient profile and possible outside-of-FOV artifacts, the noise
homogeneity and computational method used. The number of iterations that
converge to the final image that is acceptable may be slightly more or less for
different scans and dependent on the clinical experience of the referring
physician.

This is a first implementation of Cones non-Cartesian parallel reconstruction
with CG-SENSE for lung imaging. From these first results, we propose that
CG-SENSE can be used to obtain MR lung attenuation maps for PET/MR with
comparable scan time to the current protocol being used, that is LAVA-Flex
which lasts about 18 seconds, which however does not capture any lung
parenchyma signal. Further work needs to be done for using CG-SENSE for
high resolution lung imaging perhaps with better sensitivity maps that can be
extracted with a short separate scan, better coil coverage and optimisation of
the sequence itself. These images need to be clinically assessed to validate the
results.
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Chapter VII
Epilogue
Power shows the man
Pittacus of Mytilene
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This thesis has been dedicated to the implementation and exploration of MR
lung imaging with 3D UTE Cones. It has been confirmed that this technique,
as specified in this work, permits imaging of lung parenchyma of diagnostic
quality and within clinically feasible scan times. It thus forms a promising
candidate for routine deployment, which has already been begun by the
vendor of the platform used. Further clinical evaluation should target larger
cohorts with standardized protocols, potentially dependent on clinical
indication. Based on the results reported here, it appears fair to expect that
the UTE Cones approach will then evolve into a regular clinical option.
Besides exams of lung parenchyma as reported here, 3D UTE Cones is a
strong candidate also for reference scans for attenuation correction in
PET/MR. In the present work, 3D UTE Cones have been found to accomplish
clearly better depiction of short-T2* material than PROPELLER. On this
basis, they may be expected to also outperform the closely related LAVA-Flex
technique, which is the current standard basis of attenuation correction in
PET/MR. Besides attenuation correction, robust and fast short-T2 imaging
could also serve for bone localization, which is typically required for PET of
the skull and neck. In this context, it is worth noting that PET integrated with
MR has been found to achieve higher PET sensitivity than conventional
PET/CT systems. The sensitivity advantage is of great utility in that it permits
reducing scan times and/or the radiation exposure of patients. To these
benefits, MRI of lung parenchyma is an excellent complement, rendering
PET/MR systems particularly promising for comprehensive lung diagnostics.
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Abstract
Purpose The purpose of this study was to compare only the performance of
the PET component between a TOF-PET/CT (henceforth noted as PET/CT)
scanner and an integrated TOF-PET/MRI (henceforth noted as PET/MRI)
scanner concerning image quality parameters and quantification in terms of
SUV as a function of acquisition time (a surrogate of dose). The CT and MR
image quality were not assessed and that is beyond the scope of this study.
Procedures Five brain and five whole-body patients were included in the
study. The PET/CT scan was used as a reference and the PET/MRI acquisition
time was consecutively adjusted, taking into account the decay between the
scans in order to expose both systems to the same amount of the emitted
signal. The acquisition times were then retrospectively reduced to assess the
performance of the PET/MRI for lower count rates. Image quality, image
sharpness, artifacts and noise were evaluated. SUV measurements were taken
in the liver and in the white matter to compare quantification. Results
Quantitative evaluation showed strong correlation between PET/CT and
PET/MRI brain SUVs. Liver correlation was good, however with lower uptake
estimation in PET/MRI, partially justified by bio-redistribution. The clinical
evaluation showed that PET/MRI offers higher image quality and sharpness
with lower levels of noise and artifacts compared to PET/CT with reduced
acquisition times for whole-body scans while for brain scans there is no
significant difference. Conclusion The TOF-PET/MRI showed higher image
quality compared to TOF-PET/CT as tested with reduced imaging times.
However, this result accounts mainly for body imaging, while no significant
differences were found in brain imaging.
Keywords: Image quality, PET/MRI, PET/CT, solid state PET-detectors, time-offlight, dose reductin
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Introduction
In a clinical world where PET/CT has proven its diagnostic excellence after its
introduction roughly a decade ago [81], the recently available integrated
PET/MRI imaging can offer significant additional advances in clinical imaging
[82-85]. One of the major questions is whether or not PET/MRI is capable of
replacing PET/CT for certain clinical indications and which are those
indications.
Building an integrated PET/MRI scanner is a challenge due to the different
nature of MR and PET technology. The static magnetic field required for MR
interferes with the PET detectors introducing signal distortions and the
available space is constrained because the MR bore is narrow.
These challenges are partly overcome by introducing solid state detectors that
enable the placement of the PET ring inside the MR bore, leading to an
integrated geometry which makes the scanner field of view (FOV) narrower as
well as longer. PET/MRI has shown partly enhanced PET- performance due
these new detectors and geometry providing higher sensitivity. However,
previously reported whole-body systems based on solid-state detectors did not
offer high enough sensitivity and time-of-flight performance and thus still
provided inferior image quality compared to standard PET/CT [86]. Another
study although, assessed a dedicated PET brain insert prototype featuring
solid-state APD readout and has shown an image quality superior to wholebody PET/CT or PET/MRI in brain imaging [87].
Now a new integrated PET/MRI scanner enabling TOF-PET acquisition [88]
with Silicon Photomultipliers (SiPMs) is available and a comparison of the
scanner’s PET performance can be made with the gold standard TOF
PET/CT.
The purpose of this study was to evaluate the clinical image quality of standard
PET/CT with TOF (time-of-flight) compared to the newly introduced
TOF-PET/MRI as a function of acquisition time in brain imaging and body
imaging.
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Procedures
Patient Population
A total of 10 adult patients (5 brain scans and 5 whole-body scans, mean age
52 years, range 32 – 75 years; 4 women, 6 men) referred for either staging or
restaging/follow-up of various malignant tumors participated in this
prospective study. Inclusion criteria were clinically indicated whole-body 2deoxy-2-[18F]-fluoro-D-glucose

(18F-FDG)

PET/CT

and

willingness

to

participate in the additional PET/MRI. It is important to stress at this point
that for all cases the PET/CT examination was performed first, and the
PET/MRI followed next. That is because the PET/CT is the standard clinical
procedure while the PET/MRI was used only for research purposes when this
study was conducted. Exclusion criteria were claustrophobia, MRincompatible implanted medical devices (e.g. cardiac pacemakers, insulin
pumps, neurostimulators, cochlear implants), possible metallic fragments in
the body or a body habitus that did not fit into the PET/MRI gantry. This study
was approved by the Institutional Ethics Committee and written informed
consent was obtained from all patients prior to the procedure.

Acquisition hardware
A sequential TOF-PET/CT (Discovery 690 PET/CT, GE Healthcare,
Waukesha, WI) and SIGNA simultaneous TOF-PET/MRI (Signa PET/MRI,
GE Healthcare, Waukesha, WI) were used.
The PET/CT system has a cylindrical geometry, formed by a full ring of 24
detector modules. The PET tomograph consists of LYSO crystals with
dimensions of 4.2 x 6.3 x 25 mm3. The PET detection unit is a block of 54
(9 x 6) individual LYSO crystals coupled to a single squared photomultiplier
tube with 4 anodes. The TOF timing resolution is around 500 ps. The detector
ring has a face-to-face diameter of 81 cm with a transaxial field-of-view of 70
cm and an axial field-of-view of 15.7 cm [89].
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The TOF-PET/MRI system is a hybrid whole-body scanner (Signa PET/MR,
GE Healthcare, Waukesha, WI, USA) combining a 3T wide-bore MR system
with TOF-PET detector rings.
The PET system also has a cylindrical geometry, formed by a full ring of 28
detector modules. The detector ring has a face-to-face diameter of 62 cm, with
a transaxial field-of-view of 60 cm and an axial field-of-view of 25 cm. The
detectors are mounted on a custom radiofrequency body coil, centered inside
the MR gradient set of a GE Discovery 750w 3T MR scanner. Each detector
module is individually shielded and includes control electronics, a liquidcooling circuit and a Cartesian array of 45x16 LYSO (Lu1.8Y0.2 SiO5(Ce))
scintillator crystals, each crystal with dimensions of 3.95x5.3x25 mm3 [88],
covering roughly 64.5x250.0 mm [90] paired with silicon photomultipliers
(SiPMs) using tapered light guides. The TOF performance reported by the
manufacturer is <400 ps.

Acquisition Protocol
PET/CT imaging
Patients fasted for 6h before being injected with 18F-FDG. The administered
dose was 3 MBq/kg if the body weight was less than 85 kg or 3.5 MBq/kg
otherwise, with a mean administered activity of 234.6 MBq and 224.4 MBq for
brain and whole-body scans respectively. After an uptake time of 60 minutes
(range 55 - 80 minutes) the clinically indicated PET/CT scan was performed
according to standard imaging protocols of our hospital. Data was acquired in
3D mode with scan duration of 10 minutes for the brain scan and 2 minutes
per bed position for the whole-body scan. The low-dose CT (used both for
attenuation correction and diagnostic purposes) and regular-dose CT scans
were acquired during shallow breathing. Scan parameters were as follows:
tube voltage 120–140 kV, tube current with automated dose modulation 60–440
mA/slice, collimation 64 × 0.625, pitch 0.984:1, rotation time 0.5 s, coverage
speed 78 mm/s, field of view (FOV) 50 cm, and images with a transverse pixel
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size of 0.625 and a slice thickness of 3.75 mm reconstructed in axial, coronal
and sagittal planes [91]. Different PET reconstruction settings were tested in
this study and will be discussed in the following sections.

PET/MRI imaging
After the PET/CT examination the patient was moved to the adjacent
PET/MRI room, with a mean interim time of 15 minutes for brain scans
(respectively 30 minutes for the whole-body scans). The brain scans lasted for
20 minutes while the whole-body scans were acquired with 4 minutes per bed
position. The reason for this acquisition times was to expose both systems to
the same amount of emitted counts (see also “Data Processing”).
Patients were positioned in supine position with the arms down. Before the
acquisition of the PET data a whole-body MR localizer scan was performed in
craniocaudal direction. The standard patient RF coil setup always included a
19 channel head and neck unit, 16 channel upper and lower anterior arrays
and a 19 channel central matrix array (GE Healthcare, Waukesha, WI, USA).
Next, the three-dimensional emission scan was planned and started. The
operator is prompted for setting anatomical boundaries. The default number
of bed positions was six, from the vertex of the skull to the mid-thighs, but
adjustable to meet every patient’s body length. During PET scanning, a multistation whole-body, 3D, dual-echo, radiofrequency (RF) spoiled gradient
recalled echo (SPGR) sequence (LAVA-FLEX) was acquired for the purpose
of PET attenuation correction. With the two echoes, in-phase and out-ofphase images were acquired and water-only and fat-only images were
calculated automatically [92, 93]. The sequence parameters were: repetition
time (TR): 4.056 ms, echo time (TE) out-of-phase: 1.116 ms, (TE) in-phase: 2.232
ms, flip angle (FA): 12°, field of view (FOV): 500 x 375 mm (frequency x phase),
acquisition matrix 256 x 128, 1 slab with 64 x 5.2 mm thick axial slices, voxel
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size: 1.95 x 2.93 mm, and 1 average. For attenuation correction, the system only
uses the body coil. The total acquisition time per bed position was 18 s. The
MR based attenuation correction algorithm uses an anatomical atlas for the
patient’s head region and an air, lung, and continuous fat/water segmentation
for the other body regions [91].

Data processing
Our goal was to expose both systems to the same amount of emitted signal in
order to assess clinically their sensitivity performance in conditions as similar
as possible. Administering a second tracer injection to the patient was not
possible, so we opted to adjust the acquisition times to account for tracer
decay between the acquisitions. This had to be done retrospectively due to the
unpredictable nature of the time delay between scans.
The acquisition times were manually adjusted by un-listing the list mode data,
creating sinograms that could then be compared for each acquisition time.
The decay integrals for the whole examination duration were extracted and
adjusted so that the PET/MRI and PET/CT emission data were equivalent.
The two resulting sinograms are then representative of a situation in which
the patient has received the same injected activity for each scan.
For the brain scans, the original scan duration times were 10 and 20 minutes
for PET/CT and PET/MRI respectively. After correcting for the decay integrals
so that they were equivalent, we calculated that PET/MRI acquisition time
matched the PET/CT acquisition time with a reduced scan time of an average
of 13:51 ± 00:40 minutes.
For the whole-body scans, the original acquisition times were 16 and 24
minutes for PET/CT and PET/MRI (2 minutes/bed for 8 beds, 4 minutes/bed
for 6 beds) respectively. As explained above the PET/MRI list mode data were
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shortened to be equivalent to the PET/CT. The resuling PET/MRI list modes
were on average 03:26 ± 00:25 minutes/bed.
Our next step was to reduce both, PET/CT and PET/MRI acquisition times in
fixed time frames to simulate how the systems respond to lower count rates
and to compare image quality step by step with reduced acquisition times.
For the brain scans, we un-listed the emission data for 8:00, 6:00, 5:00, 4:00,
and 3:00 minutes for PET/CT and the corresponding equivalent times for
PET/MRI were 11:06 ± 0:35, 8:18 ± 0:35, 6:54 ± 0:30, 5:30 ± 0:30 and 4:07 ±
0:30. For the whole-body scans, we un-listed the emission data for 2:00, 1:40,
1:20, 1:00 minutes/bed and 00:40, 00:30 seconds/bed for PET/CT and the
corresponding equivalent times for PET/MRI were 03:26, 02:50, 02:14, 01:38,
01:08 and 00:53 ± 00:25.
Reconstruction methods were carefully selected to be as similar as possible
for both scanners. Thus, equivalent rather than identical settings were
required because the scanners have different geometries, so parameters like
z-axis resolution and transaxial FOV vary and the reconstructed images would
not fit for reliable comparison. This is due to the different detector geometry
between the two systems. The LYSO crystals on both systems share the same
thickness but the PET/MRI has a slight advantage having smaller crystals in
both transaxial and axial directions which leads to improved image resolution
(e.g. transaxial spatial resolution for PET/CT is 4.7 mm FWHM [[89]] while for
PET/MRI is 3.9 mm FWHM [88] at 1 cm from FOV center). Both emission data
were iteratively reconstructed (VUE Point FX), TOF-OSEM (3 iterations, 16
subsets), reconstruction matrix 256 × 256, with point-spread-function,
corrected in a standardized way (random, scatter and attenuation), 30 cm and
60 cm transaxial FOV for the brain and whole-body respectively, Gaussian
post-filter 2.0 mm. In order for the comparison to be the most reliable no zaxis filter was applied since longitudinal resolution between the scanners
varied.
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Quantitative evaluation
Two-dimensional regions of interest (2D-ROIs) with sizes of 634.5 mm2 and
134.6 mm2 were drawn in the liver (on coronal plane) and in the white matter
of the brain (on axial plane) respectively, at the same position for each of the
images for all acquisition times, for both PET/CT and PET/MRI, and for all
patients. Here it should be noted that the 2D-ROIs both in liver and in brain
were drawn in healthy and not pathological tissue. Mean signal values from all
2D-ROIs were extracted and compared.

Clinical evaluation
The acquired brain and whole-body PET/CT and PET/MRI images were sent
to a dedicated review workstation (Advantage Workstation 4.6, GE Healthcare,
Milwaukee, WI), which allows for the simultaneous review of the PET/CT and
PET/MRI images. The images were reviewed clinically and compared by a
dually-board-certified

radiologist/nuclear

medicine

physician

and

a

radiologist with substantial experience in PET/CT in consensus. Differences
in the images were noted and assessed using a four-point scale for the scoring
of image quality (4=excellent, 3=good, 2=acceptable, 1=insufficient), image
sharpness (4=perfectly sharp, 3=good, 2=acceptable, 1=blurry) and noise (4=no
noise, 3=slight, 2=considerable, 1=unacceptable) while a 3-point scale is used
for the artifacts (3=no artifact, 2=slight, 1=considerable).

Statistical evaluation
To assess the correlation between PET/CT and PET/MRI for the liver and the
brain, trendlines were drawn for the cluster of the brain and for the cluster of
the liver and the coefficients of determination were obtained (Fig. 1, see Suppl.
Table 1). Each cluster consists of five sub-clusters corresponding to the
number of the patients. An additional condition forced the linear regression
to cross the origin because zero uptake corresponds to zero SUV in both
scanners.
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Results
Quantitative evaluation
The results of the quantitative evaluation on regions of interest defined on the
liver and white matter are shown in Fig. 8.1. The average standardized uptake
value (SUV) in each ROI is represented by a point in the scatter plot, with
PET/CT SUV represented in the x-axis and PET/MRI SUV on the y-axis.
Connected sub-clusters of points represent, for each patient, corresponding
measurements on series of reconstructions with decreasing acquisition time
(hence mimicking the behavior of dose reduction). Thus, each sub-cluster
consists of six points representing the SUV value for each acquisition time.
Notice how the obtained average uptake values for individual patients are
consistent between reconstructions and display similar variability in the
PET/CT and PET/MRI axes. As expected, there is clear organization
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Figure 8.1. PET/CT average compared to the PET/MRI for brain (white matter)
2D-ROI and whole-body (liver) 2D-ROI for all patients and all reconstruction times.
The black dots indicate the value of the 2D-ROIs, and the red and blue lines indicate
the brain sub-clusters (one for each patient) and the whole-body sub-clusters (one for
each patient) respectively.

124

in two separate, compact clusters for liver and white matter measurements.
Uptake values in the brain are estimated to be higher in PET/MRI compared
to PET/CT, whereas uptake values measured in the liver are estimated to be
lower. Notice that tracer decay has been corrected for in this comparison.
The coefficient of determination (R2) between PET/CT and PET/MRI for the
liver cluster has a value of 0.61703 and for the brain cluster a value of 0.95895
showing that there is strong correlation between PET/CT and PET/MRI brain
SUVs while there is a good correlation for the liver SUVs.
Clinical evaluation
The reconstructed PET/CT and PET/MRI datasets were qualitatively
evaluated. A set of anatomical landmarks were scored for each patient and
acquisition time. Table 1 and supplementary tables 2 to 4 summarize these
results, averaged over all patients. Table 1 shows the overall image quality
scores (see sample brain and whole-body images in Figures 6 and 7
respectively), both for brain and whole-body studies. PET/MRI and PET/CT
scores are provided in pairs, in decreasing acquisition time steps. The
corresponding tables for the image sharpness (Suppl.Table 2), artifacts
(Suppl.Table 3) and noise (Suppl.Table 4) are provided as Supplementary
Material. There was a statistically significant difference for body imaging in
image quality (p<0.001), image sharpness (p<0.001), and noise (p<0.001) while
there was no significant difference for artifacts (p>0.05) showing a superiority
of PET/MRI versus PET/CT. Remarkably it can be noticed that the differences
in body imaging can be seen in all categories and at all time point, except in
artifacts.
However, no significant difference was noticed in brain imaging where both
imaging methods showed comparable results (p>0.05) (Fig. 2-5).
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Figure 8.6. (left) Upper row: PET/CT and PET/MRI original acquisition time brain
images with the drawn 2D ROI (green circle) in white matter from one subject. Lower
images: PET/CT and PET/MRI with five minutes acquisition time brain images with
the drawn 2D ROI (green circle) in the white matter.
Figure 8.6. (right) Upper images: PET/CT and PET/MRI original acquisition time
whole body images with the drawn 2D ROI (green circle) on the coronal plane in the
liver. lower images: PET/CT and PET/MRI with one minute per bed frame
acquisition time whole body images with the drawn 2D ROI (green circle) on the
coronal plane in the liver.

Discussion
To our knowledge, this is one of the first evaluations on image quality
comparing standard TOF-PET/CT and simultaneous TOF-PET/MRI with
different imaging times. We have shown that the PET-component of the
PET/MRI provides higher overall image quality as perceived by a clinical
reader compared to PET/CT. Furthermore, the quantitative evaluation of
brain and whole-body studies showed that PET/MRI and PET/CT do not
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calculate equivalent SUV-values. While this can be partly justified by bioredistribution of the tracer, (as seen in figure 3 of the reference 19), there is
still a big SUV value difference for the ROI placed in the liver around 35 to
40%, while there is approximately a 15% SUV value difference for the ROI
placed in the white matter (see Suppl. Table 1).

In this study we assessed the PET performance of both PET/CT and PET/MRI
scanners for five brain and five whole-body studies. The PET/MRI acquisition
time was retrospectively adjusted for each patient to account for tracer decay
since the start of the PET/CT acquisition. This ensured that the reconstructed
images used for the evaluation offered a fair comparison where both systems
had been exposed to equivalent amounts of the emitted signal.

Additionally, the acquired datasets were then used to simulate multiple
acquisitions of decreasing scan time. This was used to evaluate the
performance of the PET component at gradually lower count statistics,
providing an estimate of the dose reduction capabilities of the new scanner.

Objective evaluation of the reconstructed image was based on region of
interest analysis. 2D-ROIs were drawn in the white matter of the brain and in
the liver and the average uptake values measured. As expected, the results
show that there is not always a quantitative equivalence between PET/CT and
PET/MRI uptake values. This could, of course, severely limit the compatibility
of these modalities in follow-up studies.

On the other hand, biological redistribution of the tracer during the time
between PET/CT and PET/MRI acquisitions can partly explain the SUV
differences found in liver measurement, as previously reported in [94].
Furthermore, Fig.1 shows a clearly consistent behavior for liver and white
matter groups. As a matter of fact, the Signa PET/MRI system uses different
attenuation estimation methods for the head (atlas-based) and the body (4-
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class segmentation). Higher estimation of brain SUVs may therefore be
attributed to insufficient anatomical accuracy of the atlas or insufficient
constraints in the elastic registration (e.g. skull thickening). The lower
estimation of the liver SUVs can be due to the attenuation of anterior upper
and lower coils not being accounted for (only head/neck and bed coils are
corrected for attenuation due to fixed position regardless patient size), or to
minor inaccuracies in the attenuation coefficients assigned to the segmented
tissue classes. Further investigation is required that can ultimately lead to a
fine-tuning of MRAC.

Clinical evaluation shows equivalent performance for brain studies. This is
coherent with literature [89, 95]. Most of the FOV of PET/MRI is not used so
sensitivity cannot be taken advantage of and lead to improved image quality.

This is due to the fact that the slice-wise increase of sensitivity at the isocenter
is not large enough to make a noticeable difference in brain images. Another
reason for this observation could be that the image quality in brain PET/CT
images is already very good and that improvements due to increased counts
are hard to distinguish.

The image quality, sharpness, artifacts and noise for PET/CT and PET/MRI
for all acquisition times were clinically assessed and scored.
Clinical evaluation indicated better performance for the whole-body studies.
In this case the bigger FOV of the PET/MRI is fully used so higher sensitivity
provides significantly improved image quality compared to the PET/CT.
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Table 8.1. Image quality scores for all anatomical regions assessed for all equivalent
acquisition times for both PET/CT and PET/MRI, averaged over all 5 patients, using the 4
point scale mentioned in Procedures.
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As a consequence of the improved quality, there is potential for dose or
acquisition time reduction in whole-body studies. Taking the general image
quality diagram and going with a scoring of acceptable quality, calculating the
acquisition time values based on the horizontal shift of the two curves on the
plot, PET/MRI can provide a 37% (32/51 seconds for PET/MRI and PET/CT
respectively) reduction in dose or acquisition time, result that is coherent with
previous data [96]. There are studies that have suggested further dose
reduction in PET/MRI with prolonging the acquisition time [97] since MRI
usually takes more time anyway, but this depends on the clinical indication
and the type of examination. In any case this is promising and should be put
to the test in a future study. On the contrary what we have shown is that,
taking advantage of the higher geometric efficiency (factor of ~2 for PET/MRI
compared to PET/CT) and higher detector sensitivity of PET/MRI [90], dose
reduction can be achieved in PET/MRI with keeping the acquisition times
fixed. For a standard patient, this reduction in injected activity means that the
patient’s effective dose can be reduced by 1.75 mSv. Instead of the standard
injected activity of 250 MBq, the patient can be injected with 157 MBq that will
deliver 3 mSv instead of 4.75 mSv (0.019 mSv/MBq for standard patient size
[98]). From a radiation protection perspective, this is consistent with the
ALARA principle [99] for keeping the exposure of the patient to radiation as
low as possible while at the same time obtaining sufficient image quality.
Conclusion
In this study we compared the PET performance of PET/MRI and PET/CT for
various acquisition times. The quantitative results show differences for both
brain and whole-body studies. These differences may be explained by bioredistribution [100]. However, a preliminary check suggests that the measured
differences are not fully accounted for by the referenced models [100]. Hence,
other causes must be investigated (e.g. minor deviations of patient attenuation
from the 4-tissue-class model or reconstruction convergence differences). The
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clinical assessment of the brain studies indicate, that there is no significant
difference between the two scans while for the whole-body studies the image
quality and the sharpness are constantly higher for PET/MRI with at the same
time lower levels of noise and same levels of artifacts compared to PET/CT.
This overall higher image quality, due to higher geometric efficiency and
detector sensitivity, suggests that the acquisition time or injected activity can
be reduced by at least 37% on the PET/MRI scanner.

Ethical approval:
All procedures performed in studies involving human participants were in accordance with
the ethical standards of the institutional and/or national research committee and with the 1964
Helsinki declaration and its later amendments or comparable ethical standards.
Informed consent was obtained from all individual participants included in the study.
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