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Ich erkläre an Eides statt, dass ich die vorliegende Arbeit selbstständig verfasst, andere
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Abstract

In resent years, MRI as a non-invasive radiation free modality of diagnostic imaging

became an irreplaceable versatile technique for preclinical animal research. Dedicated

animal MR systems do exist, but the broad availability of clinical MRI facilities and the

cost-effectiveness of a combined clinical and preclinical use in conjunction with the high

costs for dedicated animal systems make preclinical research on clinical MRI hardware

very attractive.

Central to the present work are methodical developments of MR techniques able to

visualize and assess the pathway of superparamagnetic iron oxide (SPIO) labeled func-

tional stem cells in vivo. Aims followed by this thesis focus on an enhanced specifity

and sensitivity of the produced cellular contrast and on robust scanning schemes fa-

cilitating artifact free sub-millimeter resolution images on clinical large bore systems.

In this context it is demonstrated that 3D radial imaging trajectories are beneficial in

the sense of reduced motional artifacts and desired background signal properties for

detecting single iron oxide labeled cells in small mammals. Other techniques developed

in this work employ the dipolar field pattern of iron oxide labeled stem cells in order

to change the initially dark hypointense contrast of cells into a positive contrast which

is better differentiable from heterogeneous tissue structures. Best results are obtained

by emploing this cellular magnetic footprint combined with high-resolution 3D radial

imaging. A dedicated image reconstruction of the acquired datasets is able to gain

positive contrast of single cells in vivo.

Keywords: stem cell tracking with MRI, SPIO contrast, 3D radial acquisition, UTE,

bUTE, off-resonant reconstruction
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Zusammenfassung

Die MRT als nichtinvasives strahlenfreies bildgebendes Diagnoseverfahren wurde in

den letzten Jahren zur unersetzlichen und vielseitigen Methode der präklinischen Tier-

forschung. Spezielle MRT Systeme für Kleintiere existieren zwar, aber die breite

Verfügbarkeit von klinischen MRT Geräten und die Kosteneffizienz eines kombinierten

klinisch- präklinischen Einsatzes sowie die hohen Kosten für spezielle Tiersysteme

machen den Einsatz von klinischer MRT Hardware in der präklinischen Forschung sehr

attraktiv.

Im Mittelpunkt der vorliegenden Arbeit stehen methodische Entwicklungen von MR-

Techniken, welche in der Lage sind, in vivo den Verlauf von mit Eisenoxid (SPIO)

markierten funktionellen Stammzellen zu visualisieren. Ziele dieser Arbeit fokussieren

sich auf eine erhöhte Spezifität sowie Sensitivität des Zellkontrastes und auf robuste

Akquisitionsstrategien, welche artefaktfreie Sub-Millimeter Auflösungen in klinischen

MRT-Systemen erlauben sollen. In diesem Zusammenhang wird gezeigt, dass 3D radiale

Trajektorien vorteilhaft sind im Sinne reduzierter Bewegungsartefakte und gewünschter

Hintergrundsignaleigenschaften und zum Nachweis einzelner mit Eisenoxid markierter

Zellen in kleinen Säugetieren führt. Andere Techniken, welche in dieser Arbeit entwick-

elt wurden, nutzen die dipolare Feldverteilung der Eisenoxidpartikel, um den zunächst

dunklen, hypointensen Kontrast, in einen positiven, aus heterogenen Gewebestruk-

turen besser differenzierbaren Kontrast umzuwandeln. Die besten Ergebnisse werden

durch die Verwendung dieses zellulären magnetischen Fußabdruckes kombiniert mit

hochauflösender 3D radialen Bildakquise erzielt. Eine spezielle Bildrekonstruktion der

so erhobenen Datensätze ist in der Lage, positiven Kontrast von Einzelzellen in vivo

zu gewinnen.

Schlüsselwörter: Stammzellen Detektion mittels MRT, SPIO Kontrast, 3D Radiale

Akquisition, UTE, bUTE, nicht-resonante Rekonstruktion
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1

Introduction

Preclinical research on small mammals, especially rodents, is of essential impact on

medical basic research. Genetically modified mice are relatively easy to breed and keep

models for human diseases [1]. In the past, using invasive diagnostic methods, large

numbers of animals had to be killed at predefined intervals in order to get longitudinal

information. With non-invasive imaging techniques, less animals are required and no

animals need to be sacrificed during the study, hence longitudinal studies can be made

in vivo, and data is even better comparable [2, 3]. Therefore, non-invasive imaging,

especially MRI, gained importance not only in clinical, but also in preclinical research.

Among several existing modalities for in vivo imaging of small rodents which are in

preclinical use, MRI offers many additional benefits. In contrast to in vivo fluorescence

imaging, MRI offers a view on organs localized far below the surface [4]. Other than

micro-PET, two-photon imaging and SPECT [5], MRI offers good spatial and temporal

resolution. MRI beats micro-CT [6] and digital substraction angiography [7] concerning

soft-tissue resolution. Furthermore, the use of contrast agents in MRI [8] helps to show

pathologic processes like inflammation, tumors or cardial infarction.

Cell Tracking

The goal of cell tracking is to monitor the fate of single cells in live organs. Tracking

the distribution of injected cells promises to solve the limitation in optimizing novel cell

transplantation strategies by delivering information on the time scales of cell homing

and the capability of monitoring the cell migration process [9, 10, 11, 12, 13]. From this
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information, dosage and timing of stem cell injection can be optimized for individual

pathologies.

The recent ability to visualize cells by labeling with MR specific contrast agents has

changed the paradigm of cell tracking which formerly used to be an invasive, histology

based procedure to the non-invasive imaging modality of MRI [12, 14]. Applications

are found in oncology tracking macrophages and lymphocytes to tumor sites [11], in

studying myocardial repair after infarction by imaging stem cell traffic to the infarction

site [13], in neurology by tracking neural precursors to stroke [10], or in stem cell

transplantation monitoring early tissue rejection [9].

The presented thesis was motivated by stem cell therapies for leukemia patients initiated

by a collaboration with the Stem Cell Research Unit at the Institute of Hemathology,

Medical University of Graz. The common goal was to develop an MRI based single

cell tracking method which allows for an early detection of host-versus-graft disease by

monitoring homing and/or rejection of donor cells within bone marrow.

Why single cell detection? Cellular imaging with MRI has to cope with the de-

tection of single cells, rather than huge populations because:

� Imaging cell migration processes in vivo is accompanied by a high dilution of

the administered cells in the vascular system. Therefore, a minor fraction of the

labeled cells will approach the final target.

� A reduced cellular concentration may be desirable if cells are injected directly

into the target tissue where cell migration processes are to be investigated. At

high local cell dosages, the image backround signal may be degraded by the high

amount of contrast agent and, thus, obstruct the visibility of cellular pathways.

� Labeling a minor fraction of the applied therapeutic stem cells may be desirable,

as biocompatibility issues of labeled entities cannot be excluded.
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1.1 Main aims of the thesis

� To develop MR acquisition and reconstruction methods which allow for:

1. In vivo imaging of single labeled cells in rodents on clinical MRI hardware.

2. Imrove the sensitivity and specifity of the acquired images to the labeled

entities.

1.2 Specific aims

� To employ standard imaging techniques with changes to:

1. Their image reconstruction in order to enhance cellular sensitivity.

2. The preparation pulses preceding the sequence readout in order to enhance

cellular specifity by producing a hyperintense cellular contrast.

� To show that image acquisition based on radial trajectories is highly beneficial in

preclinical cell tracking especially with the given gradient performance of clinical

MRIs.

� To implement a 3D radial acquisition allowing for ultra-short echo times in order

to gain

1. Motion insensitive high resolution images.

2. High tissue background signal to improve cellular detection.

� To show that acquisition of the fully balanced steady state in conjunction with

3D radial half-echo acquisition improves image SNR and cellular CNR.

� To show that 3D radial half echo bSSFP imaging allows for a unique cellular

contrast emploing a new developed image reconstruction technique.

1.3 Structure of the thesis

Chapter 2: Basic principles of MR guided cell tracking

A review on the contrast mechanisms and contrast agents used for cell tracking is pre-

sented. Cellular labeling strategies as well as cellular contrast agent quantification are

discussed. In addition, state of the art MR acquisition techniques and cell tracking

studies are presented. Finally, the chapter closes with a brief summary on the chal-

lenges that come with the implementation of preclinical MRI methods on clinical MR

hardware.
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Chapter 3: Amplification strategies for cell tracking with Cartesian

trajectories

Standard MR acquisition strategies are employed and adopted for cell tracking with

high specifity and sensitivity. Section Enhanced contrast of single cells through zero-

padding describes the relationship between time-discrete data acquisition and final im-

age representation of magnetically labeled cells. A method is described which allows

for a boost in cellular contrast based on an a priori knowledge about the contrast mech-

anisms of iron loaded cells and the concepts of data-windowing. This section is based

on the conference proceeding Enhanced contrast of punctuate paramagnetic structures

through zero-padding [15]. Section Mapping field perturbations for cell tracking with

positive contrast discusses the design of an MRI pulse sequence exploiting the field

perturbation produced by paramagnetically loaded cells for cell tracking with positive

contrast. The proposed approach focuses on the application in bone marrow where

a major fraction of proton signal originates from lipids. This section is based on the

conference proceeding MRI of Stem Cells in Bone Marrow [16] and High Sensitivity

Positive Contrast Imaging of Stem Cells in Bone Marrow [17].

Chapter 4: Cell tracking with 3D radial UTE

Introduction to radial MRI introduces the basic idea of non-Cartesian, radial data ac-

quisition for preclinical MRI. The employed trajectory design as well as the properties

of radial MR data acquisition and reconstruction for high resolution preclinical imaging

are discussed. This chapter is based on the conference proceeding Robust In-vivo De-

tection of SPIO Labeled Cells with MRI [18]. The next section, 3D UTE, discusses the

use of ultra-short TE gradient echo sequences in the context of cellular imaging. This

chapter is based partly on the conference proceedings UTE Imaging for Single Cell De-

tection with Positive Contrast [19], On Possible Pitfalls in Working on SPIO Labelled

Cells with 2D UTE Sequences [20] and Robust In-vivo Detection of SPIO Labeled Cells

with MRI [18].
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1.3 Structure of the thesis

Chapter 5: Cell tracking with 3D radial UTE trajectories in coherent

steady state

This chapter introduces the acquisition scheme of 3D radial center out bSSFP. The

first section bSSFP imaging with half-echo acquisition is based partially on the confer-

ence proceeding 3D radial bUTE [21]. Section Single cell detection using off-resonant

reconstructions of 3D center-out bSSFP presents a new acquisition and reconstruction

scheme for positive contrast imaging of single labeled cells. It is based on the journal

publication Positive contrast of SPIO-labeled cells by off-resonant reconstruction of 3D

radial half-echo bSSFP [22] with the individual author constributions:

� Clemens Diwoky: Basic concept on the off-resonant reconstruction of 3D half-

echo bSSFP for cell tracking, numerical simulations, pulse sequence development,

reconstruction and MRI measurements.

� Daniel Liebmann: Cell labeling, viability and functionality tests.

� Bernhard Neumayer: Assistance in the preparation of the manuscript, post-

processing and data interpretation.

� Andreas Reinisch: Large scale propagation of stem cells, viability and function-

ality tests and labeling of cells.

� Florian Knoll: Assistance in the reconstruction of the 3D radial datasets and

implementation of the reconstruction on the graphics processing unit.

� Dirk Strunk: General assistance during all stem cell tasks and preparation of the

manuscript.

� Rudolf Stollberger: General assistance during all tasks, including methodological

work and preparation of the manuscript.

Chapter 6: Summary & Discussion

Summarizes the work and highlights the contributions of this thesis to the field of

preclinical cellular imaging. An outlook is provided to which extent the presented work

can be translated into clinical practice.
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2. BASIC PRINCIPLES OF MR GUIDED CELL TRACKING

2.1 Contrasts for cellular imaging

Contrast in MRI is defined as the magnitude difference of the measured signal between

two tissues under investigation. Assuming a constant coil sensitivity, the measured

signal corresponds to the transversal magnetization of a tissue sample as discussed in

chapter 2.4.1 dealing with signal-to-noise. The acquired magnetization magnitude de-

pends on external factors such as the polarizing fieldstrength and the MR pulse sequence

used to acquire the signal on the one hand, and inherent tissue contrast properties such

as proton density, relaxation and proton exchange mechanisms on the other. Given a

tissue of interest which is to be imaged with high contrast from the surrounding tissue,

often referred to as background signal, the MRI pulse sequence is chosen so as to benefit

from the inherent contrast mechanism which differs most dominantly.

In cell tracking, the objects under investigation are cells which inherently do not posess

MR properties that differ from those of the non-targeted (background) tissue. There-

fore, a key requirement for cell tracking is the availablity of labeling agents which

significantly modulate the MR contrast of the administered cells . The most common

way of enhancing MR contrast is to change the relaxation rate of free water protons by

a labeling agent.

2.1.1 Relaxation

2.1.1.1 Longitudinal relaxation T1

In a constant magnetic field B0, the longitudinal component of the nuclear steady state

spin system, condensed as net magnetization M0, is orientated in parallel to the main

polarizing field B0. This spin system can absorb energy from a radio frequency (RF)

field [23, 24, 25] with a frequency corresponding to f0 = γB0, with γ the nuclei specific

gyromagnetic ratio. The result is a transition between the parallel (low-energy) to the

anti-parallel (high-energy) state of the spins, tilting the net magnetization M0 from the

longitudinal (B0 orientated) to the transversal plane. If the radio frequency source is

switched off, the spins undergo an energy exchange with the surrounding lattice leading

to a continous loss of energy of the excitated spin system. The main energy transfer is

evoked by interactions with the electron spin orbits of neighboured atoms and molecules

at the frequency of nuclear spin precession ω0 = 2πf0. As a consequence, the spins

return to the state of thermal equilibrium in the direction of the main field B0. This
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2.1 Contrasts for cellular imaging

mechanism can be described by the longitudinal or spin-lattice relaxation time T1. The

recovery of the longitudinal component of the magnetization Mz follows

dMz

dt
= −Mz −M0

T1
(2.1)

where Mz −M0 tends to zero with e−t/T1 . At room temperature T1 is typically in the

range of 0.1 to 10 seconds for protons in dielectric materials.

2.1.1.2 Intrinsic transverse relaxation T2

After excitation with an external RF field, the transversal net component of the mag-

netization Mxy is phase coherent with the rotating excitation field. Due to fluctuations

in the microscopic magnetic field environment caused by magnetic dipole moments

of neighboring atoms as well as unpaired electrons, the initial synchronous precession

of the spins is disrupted, and the phase coherence of the spin system is lost. This

irreversible loss in phase coherence reduces the net transversal component Mxy expo-

nentially with a decay time T2:

dMxy

dt
= −Mxy

T2
. (2.2)

Because dipolar interactions are the source for this decay, it is often referred to as

dipole-dipole interaction or transversal relaxation. For solids it is usually found that

T1 � T2 and liquids T1 ≈ T2. T2 is usually in the range of 10 µs to 1 s. The reciprocal

values R1 = T−1
1 and R2 = T−1

2 are called relaxation rates.

2.1.1.3 External transverse relaxation T ′2

There is an additional dephasing of the transversal magnetization caused by external

field inhomogeneities often referred to as T ′2 decay. It is important to note that co-

herence loss due to inherent fluctuations of the magnetic field environment described

by T2 is random and irreversible whereas external field perturbations are ordered and

constant. Given an appropriate pulse sequence such as a spin echo [26], this de-phasing

caused by constant external fields can be re-phased. Under the assumption that the

local field distribution follows a Lorentzian distrubution (which is not the case for

9



2. BASIC PRINCIPLES OF MR GUIDED CELL TRACKING

strong magnetized particles discussed next), both transverse dissipative effects can be

condensed to the effective transversal relaxation rate:

1

T ∗2
=

1

T2
+

1

T ′2
. (2.3)

2.1.1.4 Relaxation and imaging contrast

Exploitation of T1 and T2 effects provides the basis for tissue identification in MRI.

The transversal magnetization Mxy, hence, signal intensity depends on the available

amount of longitudinal magnetization Mz to be flipped into the transversal plane as

well as the net (phase coherent) transversal spin ensemble at the time of acquisition.

Consequentially tissue signal tends to increase with increasing longitudinal relaxation

1/T1 and decreases with increasing 1/T2 and 1/T ∗2 . Pulsesequences that emphasize

changes in 1/T1 are referred to in literature as T1-weighted and produce a hyperintense

contrast for short T1 specimens. Contrary, T2-weighted scans produce hypointense

contrast for components with a short T2 time.

MR contrast agents generally reduce both, T1 and T2, but usually they are classified

as T1 or T2 agents corresponding to their dominant relaxation mechanism [27]. The

efficiency with which the complex enhances proton relaxation rates of water is measured

in terms of the relaxivity values r1 and r2. The tissue relaxation rate increase per

millimole of agent cCA is given by the linear relaxivity approximation

1

T1
=

1

T10

+ r1 · cCA and
1

T2
=

1

T20

+ r2 · cCA (2.4)

with T10 and T20 the unenhanced tissue relaxation times. The ratio of r2/r1 is used for

classification of MR contrast agents. T1 agents usually have r2/r1 ratios in the order

of 1 to 2, whereas that value for T2 agents, such as iron oxide particles, gets as high as

10 or more.

2.1.2 Magnetic properties of materials used as MR contrast agents

A compound that is able to influence the relaxation times of water protons has to be

paramagnetic [28, 29, 30]. Hence, within this section, a brief overview in magnetic

interactions with matter is presented.
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2.1 Contrasts for cellular imaging

If matter is placed in a static magnetic field ~H, the electrons’ orbitals and spin magnetic

moments orientate with the applied field. This response is described by the magnetic

susceptibility χ

~M = χ ~H (2.5)

with ~M the orientated density of magnetic moments of a material or magnetization.

For atoms that have unpaired electrons positioned in their outer spin orbitals, the

magnetization is non-zero and describes the amplification of the magnetic flux ~B by

introducing the material to the magnetic field

~B = µ0

(
~H + ~M

)
(2.6)

where µ0 is the permeability of free space. Generally susceptibility is a temperature as

well as field dependent parameter defined for paramagnetic substances through the Bril-

louin equation with ~ the Planck constant devided by 2π, kB the Boltzmann constant

and T the absolute temperature as

χ =
~γ
2B

tanh

(
~γB
2kBT

)
(2.7)

and as a consequence, susceptibility induced field inhomogeneity scales with the main

magnetic field strength.

2.1.2.1 Paramagnetism

Given the above definitions, paramagnetism is described by a positive magnetic sus-

ceptibility and zero net resultant magnetization in the absence of an external magnetic

field (no remanent magnetization). The large and fluctuating magnetic moments of the

unpaired electrons hosted by paramagnetic ions absorb energy from the proton spin

system resulting in T1 and T2 relaxation first described by Bloembergen and Solomon

[28, 29] and later expanded to paramagnetic macromolecules by Gueron [30]. Param-

agnetic ions used as MR contrast agents are found in the chemical subset of transition
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2. BASIC PRINCIPLES OF MR GUIDED CELL TRACKING

metals and lanthanides such as for example Gadolinium(III) with seven unpaired elec-

trons or Iron(III) with 5 unpaired electrons. If the solvent (free protons) is brought near

a paramagnetic core, relaxation is described by the theory of inner sphere relaxation

and the interested reader is referred to the work of Solomon and Bloembergen [28, 29].

2.1.2.2 Superparamagnetism

Superparamagnetism occurs in materials consisting of large numbers of paramagnetic

ions structured to a crystal lattice (as for example in iron oxides of magnetite Fe3O4).

Those crystals are smaller than a Weiss domain (<15 nm [31]) which forces all elec-

tron magnetic moments to align in the same direction if an external field is applied,

resulting in a very high magnetic moment. Electron spins in such crystals interact with

each other through spin-coupling. Within such coupled spin systems, there is more

than one possible direction of alignment if an external magnetic field is applied. The

magnetization over the Weiss domains gets anisotropic, which allows a paramagnetic

crystal to have no remanent magnetization. This is due to the energy differences of

the alignments (anisotropic or easy axes, e.g. 6 for a crystal of magnetite) which are

smaller compared to a spin system with just the parallel and anti-parallel state. Hence

if the polarizing field is switched off, the thermal agitation (’shaking’) of the crystal is

sufficient to relax the total magnetic moment immediately.

2.1.3 Iron oxide contrast agents

2.1.3.1 Longitudinal relaxation of superparamagnetic iron oxides

T1 relaxation of superparamagnetic crystals is driven by two mechanisms: The Néel

relaxation and the particle rotational relaxation. Both interactions relaxate the pro-

tons’ excited state through fluctuations of the magnetic field surrounding the particles

often denoted as outer sphere relaxation. Néel relaxation is a property of anisotropic

paramagnetic crystals and describes the orientational flipping of electron spins between

the easy axes given by the crytals anisotropy through thermal shaking. It is described

by the Néel relaxation time τN [32]

τN = τ0e
KV/kBT (2.8)
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2.1 Contrasts for cellular imaging

with τ0 a constant depending on spin-orbit coupling, K the crystals anisotropy constant,

V the crystal volume, T the absolute temperature and kB the Boltzmann constant. τN

is in the order of nanoseconds for small crytals (<10 nm) but can be considerably longer

if the crystal enlarges.

The second mechanism, orientational relaxation or Curie relaxation, describes the fact

that the crystal is rotating. Hence, fluctuations of its total microscopic magnetic mo-

ment are observed and characterized by the rotational correlation time constant τR

τR =
4πa3

3
· η

kBT
(2.9)

with a the radius of the particle and η the viscosity of the surrounding matrix. Both

factors, the Néel relaxation τN and the rotational correlation time τR act together and

cause the total fluctuation in re-orientation of the crystals’ magnetic moment τC :

1/τC = 1/τN + 1/τR. (2.10)

For outer sphere T1 relaxation, water diffuses through the local magnetic field gradient

of the paramagnetic crystal. The interaction is a dipolar coupling between the protons

and the magnetic field of the particle which is modulated by 1/τC . Most efficient T1

relaxation is gained for τC ≈ 1/(γB0) (in case of a 3 T MRI, 1/(γB0) ≈ 8 ns). There-

fore, higher relaxivity values r1 are observed for smaller superparamagnetic particles

since they posess a fast Néel relaxation (low anisotropic energy) and high rotational

relaxation rates close to the protons larmor frequency. Due to the cooperative behavior

of the spins, iron oxides generally have a higher magnetic moment on a per-atom ba-

sis compared to single paramagnetic atoms like Gd(III). This results in a significantly

higher r1 relaxation rate (typically 4 - 5 times higher compared to GdDTPA). A smaller

crystal core as beneficial for r1, has a smaller magnetic moment. Hence, the r2 relax-

ation rate is reduced. Therefore, the particles’ crystal size determining the anisotropy

energy is a crucial parameter for the r2/r1 behavior of iron oxide contrast agents. In

order to produce contrast agents with high r1 and r2 properties, superparamagnetic
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2. BASIC PRINCIPLES OF MR GUIDED CELL TRACKING

iron oxides (SPIO) are commonly made from single iron oxide cores in the range of 4 -

10 nm aggregated to colloids with hydrated diameters of 50 - 100 nm.

2.1.3.2 Transverse relaxation caused by condensed paramagnetic struc-

tures

Local variations of the magnitic susceptibility cause disturbances of the B0 field as

described in equations 2.5 and 2.6. According to the field dependent Larmor frequency

f0 = γB0, the precessional frequency of the spins gets spatially heterogeneous and

causes T ′2 decay.

The heterogeneities can be classified based on their spatial extent into the macroscopic

and mesoscopic scale. The macroscopic scale is related to large-scale bulk magnetic

susceptibility shifts of air-tissue interfaces or imperfect B0 shimming commonly much

larger than the voxel size. The mesoscopic scale, on the other hand, comprises an inter-

mediate scale, larger than the atomic and molecular distances, but smaller than voxel

dimensions. It is the mesoscopic scale which gives rise to the tissue specific property

of T ′2. In addition to the frequency spread which causes different spin phases sur-

rounding an SPIO, the presence of molecular diffusion has an influence on the apparent

R′2 rate. For a well known field distribution, the effect of diffusion on the apparent

transversal magnetization within a heterogeneous environment can be described by the

Bloch-Torrey equation [33]

~M

dt
= γ ~M × ~B +D ·∆ ~M (2.11)

with D the self-diffusion coefficient of water in the order of 1 - 2.5 µm2/ms [34, 35] and

∆ the Laplace operator. However, since the intra-voxel field distribution is commonly

unknown, a phenomenological description of the apparent T ′2 contrast was first devel-

oped by Gillis and Koenig [36] commonly known as Motional Narrowing . It was further

extended by Yablonskiy and Haacke [34, 37] for structures with very high paramagnetic

moments known as Static Dephasing Regime. Among other tissue types, Yablonskiy

and Haacke applied their theory on red blood cells by modeling them as paramagnetic

spheres. Considering the paramagnetic property of deoxygenated hemoglobin within

red blood cells, these cells are comparable to cells labeled with superparamagnetic iron

oxides. Bowen et al. [35] first showed the application of the the Static Dephasing
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2.1 Contrasts for cellular imaging

Regime to iron oxide labeled cells which is nowadays the gold standard in quantitative

cell tracking with MRI.

Motional Narrowing Regime If the water molecules’ position is thought to be

fixed over time, a spin refocusing pulse is able to reverse the phase dispersion caused by

static heterogeneous magnetic fields. However, if Brownian motion is present, molecules

interchange their positions, and hence, change their precessional frequency over time

resulting in a reduced phase dispersion than expected for a static, motionless, spin

ensemble. This behavior is commonly known as motional narrowing [36]. A consequen-

tial result is that refocusing with a π-RF pulse cannot resolve the accumulated phases.

Hence, a T ′2 driven signal decay is observed even for spin echo sequences. The motional

narrowing regime is valid for

δω · τD � 1 (2.12)

with δω the freqency offset at the equator of a field-generating particle and τD the

characteristic diffusional time. τD is defined as the time, necessary for water to diffuse

a distance comparable with the field-generating objects radius R and is calculated as

[36]

τD = R2/D. (2.13)

Static Dephasing Regime The major assumtion of the static dephasing regime is

that NMR signal dephasing due to susceptibility induced inhomogeneities should occure

before molecular diffusion averages out the phase coherence given by the RF-excitation

[37]. Within that regime, diffusion effects become unimportant if

δω · τD � 1 (2.14)

is valid. In literature, this relaxation regime is sometimes known as the slow motion

regime. Instead of dealing with a reduced diffusional time, the static dephasing regime is

given by paramagnetic structures with a critical susceptibility and/or size. The model of
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2. BASIC PRINCIPLES OF MR GUIDED CELL TRACKING

Yablonskiy and Haacke [34]1 is based on a compartment of paramagnetic material with

a magnetic susceptibility of χc and surrounding tissue of magnetic susceptibility χ0.

The magnetic subsystem occupies a total volume fraction of fv and has a susceptibility

difference to the major tissue compartment of

∆χ = χc − χ0. (2.15)

The field distribution ωn(~r) caused by one paramagnetically loaded cell of radius Rn is

ωn(~r) = δωc

(
Rn
r

)3 (
3 cos2 Θ− 1

)
(2.16)

with Θ the angle between the direction of the polarizing field and vector ~r, and δωc the

characteristic equatorial field offset of

δωc =
γ ·B0

3
∆χ. (2.17)

Given the above definitions and a known distribution of the single cells of volume vn

dispersed in the total volume V , the NMR signal is calculated as

S(t) = ρ · (1− fv)
N∏
n=1

1

V − vn
·
∫
V−vn

e−i·ωn(~r)·t. (2.18)

Haacke and Yablonskiy [34] showed that for a cellular volume fraction fv � 1, the

resulting signal depends only on the volume fraction, but not on the underlying distri-

bution of the cells. For

R2
c �

6D

δωc · f1/3
v

(2.19)

which is an adopted form of their equation 2.14 for a dilution of paramagnetic spheres

1Until the end of this section equations are converted from cgs into SI units. In order to be

comparable with literature, especially with the static dephasing regime applied to iron oxide labeled

cells published by Bowen et al. [35], magnetic flux B0 of the polarizing field and the magnetization are

given in units of mG = 1 · 10−7T and the gyromagnetic ratio is defined as γ = 26.752 rad mG−1 s−1.
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with an average radius of Rc, they predicted that the magnitude within a specified

time frame (normally the echo time, TE, of the sequence) can be described by a single

exponential of the form

|S(t)| = |S(0)| · e−R2′·t (2.20)

with the relaxation rate R2′

R2′ = γ
2π

9
√

3
· LMD (2.21)

or

R2′ = γ ·Kfsl · LMD (2.22)

with Kfsl = 0.403 the gradient echo specific fractional signal loss to iron loaded cells

and LMD the local magnetic dose as defined by Yablonski and Haacke

LMD = fv ·Mc (2.23)

with Mc the magnetization (magnetic moment/volume) of the paramagnetic particles.

17



2. BASIC PRINCIPLES OF MR GUIDED CELL TRACKING

2.2 Cell labeling and contrast agent quantification

2.2.1 Contrast agents used for cellular labeling

Within the recent years, many MR contrast agents have been evaluated for cellular

imaging based on the key requirements: labeling efficiency, biocompatibility and high

relaxivity. They consists of paramagnetic iron oxides, MR reporter genes expressing

(metallo-) proteins or simple chelators containing a single paramagnetic ion.

Augmenting cellular contrast by internalization of paramagnetic ions like Gd(III) ap-

peared to be the method of choice encouraged by the widely spread applications of

Gd contrast enhanced MRI in sensing tumor deseases. However, the relaxivity values

of gadoliniuim chelates ranging from 3 to 8 mM−1s−1 for both r1 and r2 [38, 39] are

generally not high enough to visualize small numbers of cells. The common approach

to increase detectability of Gd(III) labeled cells is to increase the cellular agent concen-

tration [40]. Ahrens et al. [41] found in a tissue contrast model that if µm resolutions

allow for single cell imaging, a detectable image contrast of a single cell is produced if 4

- 5 ·107 Gd-complexes are internalized. On the contrary the intracellular dosage should

be minimized since long term studies on biocompatibility are not available [42]. The

design rationale of current FDA approved lanthanide contrast agents implies a rapid

and substancial clearance to prevent depositions and dissociated free metal ions within

organs [43]. A rationale, which can not be guaranteed, even contraindicates the goal in

cell tracking which is to follow the cells fate over the cells entire life cycle.

Next to gadolinium, manganese is the second most sensitive T1 contrast label based on a

single paramagnetic iron. As manganese salt (MnCl2) efficient cell labeling was demon-

strated in vitro on lymphocytes [44] and in an oxidated form of manganese (MnO),

first reports on in vivo cell imaging were reported on a glioma cell line in rats [45].

As observed for Gd(III) chelates, the sensitivity issue hinders the detection of single

labeled cells, and a dosage dependent toxicity was observed for both, the MnCl2 and

the MnO label.

MR reporter genes are promosing candidates for longitudinal imaging of cell populations

without the use of exogeneous contrast agents within the cells. These reporter genes

express either an enzyme/protein product or receptor that alters the T1/T2 properties

in the cells’ vicinity [46, 47, 48, 49]. If the introduced reporter gene expression is stable,

the labeled cell can be observed over the entire lifetime. As the reporter gene is usually
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passed on to its progeny cells, it is possible to image expanding cell populations longi-

tudinally. Reporter genes can alter longitudinal relaxivity by transcription of enzymes

which bind to extracellular gadolinuim chelates to change the rotational correlation

time resulting in a manyfold higher r1 relaxivity [50, 51]. Another approach is to en-

hance the expression of the transferrin receptor (TfR) on the cellular membrane which

internalizes iron loaded transferrin proteins leading to a fast iron accumulation within

the cell, resulting in a shorter T ′2 value. Early studies showed that within modified

fibroblasts the iron uptake was threefold higher compared to non-transfected controls

[52]. Further progress in the investigations on metalloproteins showed that ferritin, a

metalloprotein able to store up to 4,000 Fe atoms [46], can be structurally adopted to

enhance the proteins magnetic moment to the range of ultrasmall (U)SPIOs [53, 54, 55].

However, compared to chelated Gd(III), the relaxation enhancement through reporter

genes is fairly low, and large populations of genetically modified cells are needed in or-

der to gain a reasonable change in image contrast. Other limitations are gene silencing

owing to DNA methylation or histone modification which affects transcription and can

suppresses the reporter signal [46], and the strict evaluations such genetic modifications

have to undergo in order to avoid objectionable cell behavior.

Given the aforementioned aspects on detectability and biocompatibility, cell internal-

ized iron oxides dominate the field of cell tracking because of their following advantages

[56]:

� Most signal change per unit of metal

� Their size can be adopted to allow for higher relaxation rates and/or optimal

labeling properties

� Enhanced biocompatibility and biodegradability compared to lanthanide based

agents

� Their coating can be used for linkage to targeting ligands

� They can be detected by optical and electron microscopy

Despite their dominant (hypointense) T ′2 contrast, leading to a signal reduction rather

than amplification, they allowed for the detection of single labeled cells in the first

place [57, 58]. FDA approved iron oxides like Feridex (AMAG Pharmaceuticals, Inc.)

and Resovist (Bayer HealthCare Pharmaceuticals Inc.) facilitate a fast transition of

preclinical results into clinical practice [12] and motivated the present work to focus on

superparamagnetic iron oxides.
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2.2.2 Cell labeling

The process of active incoporation of a label when cells are cultured in vitro is referred

to as cell labeling. Cellular labeling can be direct (non-specific) or receptor mediated

(specific). Within this work the focus is on direct labeling methods since in most pro-

genitor cell lines specific surface antigens (e.g. for internalizing monoclonal antibodies)

for receptor mediated techniques are missing [59].

Direct labeling is a simple and quite straight-forward approach. A cell population is

labeled by incubating a confluent monolayer of cells with the contrast agent of inter-

est. After a certain incubation time, the non-incoporated extracellular contrast agent

is removed by washing the culture dish with phosphate-buffered saline (PBS) and the

labeled cells are harvested by adding trypsine.

Several aspects modulate the cellular uptake of exogeneuos contrast agents. If a

cell is phagocytotically active, such as for example cells of the immune system like

macrophages, T-cells and monocytes, contrast agents are taken up directly through

phagocytosis. For other cell types, such as stem and progenitor cells, the path of

endocytosis is commonly used as an cellular uptake mechanism. Endocytosis is the

absorbance of large molecules (e.g. proteins) from the extracellular space which cannot

pass the cell membrane directly. The molecules are entrapped into vesicles coated by a

lipid-layer, comparable to the cellular membrane. Endosomal uptake can be initiated by

molecules with ligands causing receptor-mediated endocytosis. For non-receptor driven

endocytosis, the size of a particle determines its uptake efficiency. As a consequence,

nano-particles with mean hydrated diameters of <50 nm are hardly taken up by most

of the non-phagocytic cells. Whereas a number of sites reported efficient direct uptake

of micrometer-sized iron oxides for stem and progenitor cells [60, 61], efficient uptake

of nanometer-sized iron oxides is still a topic under investigation. Several studies indi-

cated that intra-cellular labeling efficiency for USPIOs (mean hydrated diameters of ≤
30 nm) is very limited compared to their larger counterparts, SPIOs, with diameters

ranging between 50 to 150 nm [62, 63]. Since smaller iron oxides with a reduced r2/r1

ratio are promised to give a high r1 relaxivity with moderate T ′2 dispersion, they are

very attractive for hyperintense T1-weighted cellular imaging. Given this motivation,

several strategies have been developed to amplify their uptake into cells [59, 64]. The

aim of these approaches is to support the contrast agent passage from extracellular
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space to cytoplasm through the cellular membrane.

The double lipid layer of the cell membrane is a mechanical as well as an electri-

cal barrier. The electrical charge of the membrane, important for the cells’ exchange

mechanisms with the environment, hinders contrast agent entrapement if the particles

are equally charged, or may guide contrast agent uptake if the agent posesses a shell

charged with opposite polarity. FDA-approved iron oxides are coated by dextran or

carboxy-dextran, polysaccharides made of many glucose molecules, which charge the

particles’ surface to prevent nanoparticle aggregation. Although their electrical behav-

ior does not significantly alter cellular uptake, dextran coatings present a platform to

bind transfection agents consisting of highly charged macromolecyles to aid the forma-

tion of endosomes on the anionic cellular membrane [65, 66]. Widely used transfection

agents are polyamine (poly-L-lysine, PLL) and protamine-sulfate (PS). These transfec-

tion agents are toxic at higher concentrations, and only protamine-sulfate is clinically

approved as an antidote to heparin overdosage [67]. The transfection agents and con-

trast agents assemble via electrostatic interactions. Every (U)SPIO and transfection

agent combination has to be optimized carefully. Lower concentrations lead to insuf-

ficient uptake of particles, whereas higher concentrations may result in an enhanced

production of reactive oxygen species and, hence be toxic to the cells [66].

Another approach to efficient (U)SPIO labeling is by electroporation (EP). Pulsed volt-

ages are used in order to induce electrochemical permeability changes in cell membranes

which lead to an enhanced endosomal activity [64, 68]. A direct comparison of EP and

the transfection agents PLL and PS on emprionic stem cell lines showed that EP re-

duced the differentiation capability of the investigated cells, and an improved uptake

of SPIOs was reported with protamine-sulfate [69].

Liposomes, artificially generated nanocarriers (size 200 - 1000 nm) composed of a

double-lipid layer, might be used to entrap contrast agents [70, 71, 72, 73] to transfect

the cellular membrane. Their cationic shell and enlarged size improve endosomal uptake

at minimum cytotoxicity [74]. Liposomes have already been analyzed as transfection

agents for SPIO labeling of pancreatic islet cells without affecting the function or viabil-

ity of the cells [75], and high concentrations of SPIOs entrapped into micrometer-sized

liposomes allowed for single cell imaging of fish embryos [76]. Their uptake efficiency is

further improved by using transactivating transcriptional activator (Tat) peptides [77]
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bound to their outer surface, resulting in excellent labeling properties for nonphagocytic

progenitors [78].

2.2.2.1 Cellular labeling and contrast agent efficiency

Endosomal uptake of contrast agents is accompanied by very desirable properties for T ′2

weighted imaging but is a major problem if T1 is to be exploited. For the transversal re-

laxation, cellular endosomes act as a secondary contrast agent. Compartmentalization

of the agent within confined endosomal vesicles leads to an enhanced magnetization,

producing a heterogeneous mesoscopic field perturbation largely exeeding the cell. As

a result, a vast pool of protons is affected by the cell extending heterogeneous field and

relaxation can be described by the static dephasing regime.

For T1 relaxation on the other hand, protons need to be in the microscopic environ-

ment of the paramagnetic molecule in order to relaxate by inner sphere and outer sphere

mechanisms. The exchange rate between free water and the paramagnetic core deter-

mines the apperent r1 relaxivity [79]. In the case of endosomally entrapped agents, the

water exchange rate of the free pool of protons (outside the cell) to the paramagnetic

compound is restricted by the cellular membrane and, additionally by the membrane of

the endosomal vesicles. Terreno et al. [80] investigated the relaxivity differences of T1

contrast agents (Gd-HPDO3A) internalized directly into the cytoplasm (through elec-

troporation) and by endocytosis into small vesicles. They reported an upper limit of

the relaxation enhancement for the vesicle internalized particles which was not observed

for Gd-complexes internalized within the cytoplasm only. This ”quenching” is caused

by the restricted water diffusion between the cytosol and the vesicles, thus explaining

the inefficiency of endosomal internalized T1 contrast agents observed in many studies

[81, 82, 83].

Another inherent limitation of the direct labeling method is that the label dilutes dur-

ing cell division, resulting in a decreased amount of label per cell with time. It was

reported that in rapidly dividing cells, intracellular iron dissappeared by five to eight

cell divisions [66]. In addition, the label can be distributed asymmetrically to progeny

cells or the label can even get lost and taken up by phagocytic cells, which greatly

reduces contrast specificity.

Sensing magnetically labeled stem and progenitor cells in vivo bears the jeopardy of

false positive interpretation of the label-induced hypointensities to originate from the
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targeted cells. Some studies showed that macrophages engulfing non-viable labeled

cells produce the same MRI signal and can not be distinguished from their therapeutic

counterparts [84, 85, 86, 87]. Therefore, co-labeling of magnetically labeled cells with

a fluorescent dye and faithful histological investigations in preclinical trials are crucial

to prevent misinterpretations.

2.2.2.2 Biocompatibility of MR contrast agents

The cellular incoporation of Gd-complexes, even if densely packed into long-term stable

macrocyclic chelators such as DOTA or DO3A, implies the risk of losing the toxic Gd

ion. Even if the chelator stays stable, there is a risk of transmetallation [88] where

the toxic lanthanide ion is exchanged with other endogenous metals (most relevant is

Zn2+) and released from the chelator. Nephrogenic systemic fibrosis (NSF), a patho-

logic proliferation of fibrocytes of the skin, has already been reported to be linked to

the administration of Gd-chelates in patients with renal dysfunction [89, 90]. High

levels of Gd-induced intracellular reactive oxygen species (ROS) lead to mitochondrial

dysfunction [91] and toxic effects on the central nervous system [92, 93]. Therefore,

using Gd-chelates for therapheutic stem cell therapies is highly questionable.

SPIO nanoparticles coated by dextran or carboxy-dextran are Food and Drug Ad-

ministration (FDA)- approved for the use in liver (hepatic) imaging (with hydrated

diameters of ≈ 60 nm) and under the label ultrasmall (U)SPIOs as a blood pool agent

with diameters of about ≈ 10 nm. Following the ingestion of SPIO into endosomal vesi-

cles, the SPIO coat is degraded by lysosomes and iron is metabolized as a hemoglobin

component [56, 94, 95]. Despite iron beeing in principle biodegradable, an SPIO core

consists of thousands of iron atoms which lead to a 10-fold enhanced intracellular iron

concentration [82]. High concentration levels of intracellular Fe are known to be harm-

ful by catalyzing the generation of ROS by a reaction of hydrogen peroxide (Fenton

reaction) [96, 97]. As a result, increased apoptosis and DNA fragmentation had been

reported [98, 99] at very high iron deposits. However, at iron concentrations applicable

for magnetical labeling of cells, long-term viability, growth rate and apoptotic indixes

were reported to be unaffected [66].

Concerning highly magnetized cells, the question remains if the cellular biodistribu-

tion is effected during the MR scan. Wilhelm et al. [100, 101] reported endosomal

deformations caused by the interaction of the endosomes’ magnetization with the main
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static magnetic field. This effect is thought to be minor since it is limited to the time

of MR-investigation. However, the question about cellular function during that time

period is still an open one.

2.2.3 Quantification of cellular iron label

2.2.3.1 Transmission electron microscopy

The analysis of transmission electron microscopic (TEM) images allows for the docu-

mentation of existence of intra-cellular iron and its distribution within the cell. From

these images, important insight into the incorporation (cytoplasmatic or vesicular) and

the apparent agglomeration of nanoparticles can be gained. However, TEM images do

not allow for quantitative analysis of total cellular iron uptake. Furthermore, at TEM

imaging, snapshots of single individual cells are taken, and therefore, assumptions based

on the images have limited validity for the total cell population.

The labeled cells have to be prepared in a standardized four-step procedure prior to

TEM visualization. First, the cells are suspended in agarose gel and dehydrated with

alcohol propylene oxide. A fixation step follows where the dryed pellet is infiltrated

with epon and hardened over 48 hours. Third, the sample is sectioned by a microtome

and finally, a negative staining is performed with uranyl acetate and lead citrate. Ex-

amples of TEM images acquired of uranyl stained mesenchymal stem cells labeled with

superparamagnetic iron oxides are given in figure 2.1. Figure 2.1a shows the process

of endosomal uptake of the contrast agent (arrow). These endosomes transport the

nano-particles into the cytoplasm. Figure 2.1b&c give insight into the clustering of the

60 nm particles entrapped into ≈ 1 µm sized ensosomal vesicles (yellow selection).

2.2.3.2 ICP-MS & AAS

Inductively coupled plasma mass spectroscopy (ICP-MS) is the most sensitive technique

in measuring the total iron content for low iron concentrations of pgFe/cell reached with

common labeling techniques. The sample is ionized at a temperature of 10,000 K by a

plasma of inductively heated argon gas. The sample plasma is then further analyzed

by a mass-spectrometer separating ions by their mass-to-charge ratio. The total iron

content is measured regardless of the oxidation state or the molecular structure. Hence,

no information on the actual magnetization of the iron label/cell is given [102].
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Figure 2.1: Transmission electron microscopy of iron oxide labeled mesenchymal stromal

cells. The dark strands are an SPIO with mean hydrated diameter of ≈ 60 nm in size. a

is a snapshot of the endosomal uptake process on the cellular membrane (arrow). b gives

insight to the endosomal vesicle size of ≈ 0.5-1 µm diameter. c is a representative image

showing the distribution of SPIO labeled endosomes within the cell cytoplasm.

Another technique called atomic absorption spectroscopy (AAS) asesses an optical ab-

sorption measurement on the atomized sample. The absorption (difference in radiation

flux with/without the sample) is analyzed by burning the sample with a flame of air-

acetylene (F-AAS) or electrothermically (EL-AAS) at about 2,500 K. It relies on given

standards to gain absolute values of the final iron content.

Despite the fast and accurate measurements ICP-MS and AAS provide, they are often

not available in a standard laboratory setup. Hence, measurements have to be carried

out by core facilities, making these techniques more time consuming and cost-intensive.

2.2.3.3 Histochemical detection of iron

Under a standard laboratory setup, cellular iron uptake can be investigated by either

Prussian blue staining and optical validation or by spectrophotometric detection of

ferrozine (colorimetric ferrozine-based assay).

Prussian blue is a pigment formed by ferrocyanide bound to any ferric ion (Fe(III))

present resulting in a blue-green color visible under the microscope. In order to get

ferrocyanide into the cell, the cellular membrane is first dispersed by hydrochloric acid.

The method is very sensitive to small amounts of ferric ion although no quantitative

iron information can be acquired. Prussian blue staining is known to be one of the

most sensitive stain in histology used as a visualization of free iron within the cells

cytoplasm.
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Figure 2.2: Microscopy of Prussian blue stained EPC network.

The ferrozine-based assay [103, 104] is a colorimetric test which allows to quantify iron

in ferric and ferrous (Fe(II)) form. It is based on ferrozine, a chelator of ferrous iron

which absorbs light at a wavelength of 550 nm [103]. Hydrochloric acid is used in

order to dissolve the entrapped iron and reduce ferric to ferrous iron. Subsequently, an

absorbance measurment is performed and a comparison to a standard calibration line of

known iron content gives information on the total amount of cellular iron. Riemer et al.

[103] reported that the numbers of total iron content within cells of the ferrozine-based

assay equals the numbers acquired by the AAS technique. However, the detection limit

of iron in the final solution is 3 µg/ml [104].

2.2.3.4 Susceptometry

The aforementioned quantitative methods (excluding TEM) do not give any insights

on the apparent physiochemical structure and distribution of the iron deposition. As

addressed earlier, the MR relaxation properties of iron oxides depend on their crystalline

structure and their compartmentalization within the cells. Therefore, susceptometric

measurements are needed to exploit further the magnetic properties of the labeled

cells. Susceptometry measures the magnetization of a suspension of cells at a given

fieldstrength. This property appears in theoretical treatments of susceptibility-induced

NMR signal response and allows for an estimate of the apparent relaxation rate R2

given a certain density of the labeled cells [35]. The magnetic moment of a single

iron oxide core is known to be saturated at fields larger than 1T [105, 106]. However,

at high concentrations of paramagnetic iron oxides, the actual magnetization enlarges

due to the cooperative behavior of their magnetic moments with the main magnetic
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field, yielding a field dependency which is not described by quantum solutions [35].

Investigations on the relaxation rates of iron oxides in aqueous solution for different

field strengths indicate that their r2 values scale linearly with the field above 1T [107].

It is expected that cooperative effects of iron oxides confined within cells rather than

uniformly suspended further enhance their total magnetic moment [35]. Therefore,

measuring the actual susceptibility of the labeled cell suspension at the exact MR

fieldstrength is mandatory to give estimates of the impact on their MR contrast.

Measuring cellular iron load through MR susceptometry Since this method

was used throughout the presented work to determine cellular iron deposition after

labeling, a more detailed description follows.

The global magnetic susceptibility of a sample is often termed bulk magnetic suscepti-

bility or BMS. The BMS can be measured directly (at the MR relevant fieldstrength)

by measuring the NMR frequency shift within the sample under investigation at differ-

ent positioning of the sample to the polarizing field B0. This method, often referred to

as the Reilly-McConnell-Meisenheimer (RRM) method [108], is based on the change of

the magnetic flux within a non spherical sample of known geometric shape at different

sample orientations relative to the main magnetic field. The magnetic susceptibility

for an observed frequency shift given a known geometric shape can be calculated with

the formulas given in Chu et al. [109]. This method is somewhat cumbersome for

measuring the BMS of iron oxide labeled cell suspensions since high iron payloads re-

sult in a fast T ′2 decay which precludes exact spectroscopic measurements within the

sample. Bowen et al. [35] introduced a susceptometric measurement based on a multi-

echo gradient echo technique which measures the BMS value on the basis of the field

heterogeneity pattern outside the sample. Given an ideal nonfinite cylinder containing

the sample to be measured (e.g. the cellular suspension), orientated orthogonally to

the main magnetic field B0, the frequency offset ∆f outside that cylinder is given by

the equation

∆f(r) =
γB0R

2 cos(2Θ)

r2

[
−1

2

(
1 +

χ1

3

)
(χ0 − χ1)

]
(2.24)

where χ0 is the magnetic susceptibility of the outer medium e.g. agarose gel with a

known value of χ0 ≈ −9.06 · 10−6 ppm and χ1 the unknown BMS. The frequency offset
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is measured at a distance from the center of the cylinder r with R the outer radius of

the infinite cylinder and r ≥ R. Θ is the angle between the main magnetic field B0 and

the vector to the position of interest at a distance r. The frequency shift is measured

through a multi-echo gradient echo train where the complex-valued signal intensity of

the images in dependence of the echo-time TE is

S(TE) = S0e
TE(−1/T ∗2 +j2π∆f). (2.25)

A Fourier transform of the acquired multi echo images over TE results in spectroscopic

information for each image voxel. The so gained voxel-wise NMR spectra have a maxi-

mum peak value at the voxel off-center frequency shift ∆f . The BMS is fitted from ∆f

in Eq. 2.24 over the radial distance r at four different angles Θ (Θ = 0/π2 /π/
3π
2 ). An

example of the procedure is sketched in figure 2.3. The phantom for the susceptometric

measurement consists of a 7 cm diameter 1% agarose sphere wherein the cylindrical

cell sample has been cast in. A spherical background phantom is chosen in order to

avoid global susceptibility induced frequency shifts. The preparation is performed as

follows: First, a 7 cm diameter half shell made of polycarbonate is filled with a 1%

agarose gel. During the gel’s liquid phase, cylindrical stamps of 3.5 mm in diameter and

3 cm in length are immersed into the gel. After the gel has polymerized, the stamps

are removed in order to provide small cylindrical cavities for subsequently placing the

labeled cells (again mixed with 1% agarose) at known cellular densities. After fitting

on the second polycarbonate half-shell to the bottom part, the upper half of the sphere

is filled again with 1% agarose. The whole procedure results in �3.5 mm cylindrical

cell samples with a length of at least 2.5 cm. Since the sample lengths are longer than

5 times their cylindric diameter, the magnetic field pattern of an infinite cylinder as in

Eq.2.24 is assumed. Because residual global inhomogeneities of the B0 field modulate

the resultant susceptometric results, the BMS χ1 is gained through averaging the re-

sults evaluated at the four different angles Θ.

With known BMS, Bowen et al. [35] showed that based on the theory of the static

dephasing regime the cellular iron concentration can be estimated by

mc =
LMD

KFenc
(2.26)
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Figure 2.3: Suszeptometric measurement of cellular BMS based on multi echo gradient

echo images. a: Magnitude image of the measurement phantom. The detail shows the

corresponding phase image. b: A fast Fourier transform of the complex multi echo images

results in a frequency spectrum for each image voxel. The spectra are evaluated for their

off-center frequency at the maximum peak value which corresponds to the mean voxel

off-resonance. The frequency offsets along the blue, red, green and cyan lines in (a) are

plotted in c. These functions are fitted to equation 2.24 to calculate the bulk magnetic

susceptibility χ1.
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with KFe a calibration coefficient of KFe = 1.34 · 10−3 mG/(pg/mm3) connecting

cellular iron load to the effective magnetization (local magnetic dose LMD [34] in mG),

the average cellular iron load mc in pg and nc the cellular density in 1/mm3. LMD is

calculated from the BMS as

LMD = (BMS − χ0)B0 (2.27)

with B0 in mG.
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2.3 Acquisition strategies for cell tracking with MRI

The high relaxation rates of iron oxide based CAs are thought to be the key to MRI

guided cellular imaging in the near future [56]. The following review on acquisition

methods towards cell tracking focuses on this very promising class of imaging agents

and the possible contrasts they provide.

Ex vivo labeling of cells with paramagnetic iron oxides allows for in vivo tracking with

MRI employing mainly the magnetic field perturbations produced by the intra-cellular

SPIO. The occurring B0 inhomogeneities are much larger than the actual cellular size

and, with sufficiently high intra-cellular concentrations of iron oxides, even exeed the

cell containing image voxel.

A consequence of the heterogeneous B0 field is a signal degradation in gradient recalled

echo (GRE) [35] as well as in balanced steady state free precession (bSSFP) [110] se-

quences. While in the past years both methods have been successfully applied for cell

tracking, their in vivo application bears a profound challenge. Several studies identified

two major requirements for in vivo single cell detection. First, high spatial imaging

resolutions in the range of (100 - 200 µm)3 are required while echo times should be

kept short in order to gain high background signal [11, 61, 111, 112]. Second, a high

intra-cellular iron payload is mandatory in order to reach a sufficient level of signal

degradation [102, 113].

The following sections present an overview on standard negative contrast techniques

based on spoiled gradient echo and fully balanced steady state acquisitions. These

techniques are available for all vendors and through all fieldstrengths, their contrast

behavior is well described, and their imaging contrast, despite the inherent dark repre-

sentation of the cells, can be comfortably optimized.

2.3.1 Gradient Echo Sequences

Gradient echo pulse sequences, sometimes termed gradient refocused echo or field echo

acquire the free induction decay by de- and re-phasing of the frequency encoding readout

gradient. After a small portion of the longitudinal magnetization M0 was tilted to the

transversial plane, the resultant transversal component Mxy is acquired at the echo time

TE. The duration and amplitude of the excitation pulse define the actual flip angle α
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and therefore the fraction of transversal magnetization. The transversal component

acquired at TE can be described as

Mxy = M0 sin(α)ei(∆ωTE+Φ)e−TE/T2 . (2.28)

∆ω = 2π∆f is the precessional frequency offset of magnetization and Φ a constant

phase angle connecting the excitation phase to the received signal. If a train of exci-

tation pulses is applied, the amount of available longitudinal magnetization is reduced

depending on the time interval between the RF-pulses, the repetition time TR, and

the longitudinal relaxation time constant T1 of the tissue of interest. After a sufficient

number of excitation pulses, the longitudinal component of the thermal equilibrium M0

is reduced to a steady state value Mz. For small tip angles α, the produced transverse

magnetization Mxy is much bigger than the longitudinal component spent (because of

sin(α) in Eq.2.28). Additionally, by reducing the flip angle α, the time period for a full

longitudinal recovery is remarkably shortened resulting in a higher steady state com-

ponent Mz. GRE with small tip angles are meaningfully named Fast Low-Angle Shot

(FLASH) [114] and are frequently used for fast T1- and T ∗2 -weighted imaging. The

repitition time is often much shorter than the transversal decay time T2 and hence,

transversal magnetization is left at the end of TR. For FLASH sequences, this residual

Mxy is destroyed (spoiled) and the resultant signal of the steady state is described as

Mxy = M0 sin(α)

[
1− E1

1− E1 cos(α)

]
ei(∆ωTE+Φ)e−TE/T2 (2.29)

with

E1 = e−TR/T1 . (2.30)

If background T1 is known, the excitation angle can be chosen in order to give maximum

background signal at

αE = arccos(e−TR/T1). (2.31)
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This angle is the solution of Eq. 2.29 for
dMxy

dα
!

= 0 and
d2Mxy

dα2

!
> 0 and is called the

Ernst angle.

2.3.1.1 T ∗2 contrast of GRE acquisitions

The phase term in Eq. 2.29 causes a magnitude signal degradiation if many different

spin isochromats (off-resonances ∆ω) are confined within a voxel. A voxel containing

magnetically labeled cells owes a huge fraction of off-resonant spins, resulting in a de-

phasing, and hence, hypointense voxel signal. A phenomenologic description of the

decrease in magnitude caused by intra-voxel de-phasing is presented within the theory

of the static dephasing regime as presented in section 2.1.3.2. The static dephasing

regime introduces an exponential decay rate T ′2 (Eq. 2.20 ) which accounts for intra-

voxel field heterogeneities

MxyVoxel
= M0 sin(α)

[
1− E1

1− E1 cos(α)

]
ei(∆ω0TE+Φ)e−TE/T2e−TE/T

′
2 (2.32)

where ∆ω0 describes an global B0 offset while intra-voxel field heterogeneities are ad-

dressed by the dissipative term T ′2. More common for GRE aquisitions, T2 and T ′2 are

condensed to the effective transversal relaxation time T ∗2 (Eq. 2.3):

MxyVoxel
= M0 sin(α)

[
1− E1

1− E1 cos(α)

]
ei(∆ω0TE+Φ)e−TE/T

∗
2 (2.33)

The sensitivity of GRE to off-resonances is comfortably controlled by choosing the echo

time, often referred to as T ∗2 -weighting, since the phase dispersion in Eq. 2.29, hence

T ′2 magnitude reduction scales with TE. For the detection of cells, a trade-off in T ∗2

weighting is important for distinguishing the cellular signal voids from the background.

A special issue for GRE acquisitions is to detect cells close to borders of tissues with

differences in their magnetic susceptibility. In such areas, background signal is degraded

by global field inhomogeneities and cellular contrast is degraded.

Therefore, the success of cell tracking with MRI strongly depends on the targeted tissue.

Bone marrow and lung parenchyma, both of high importance in basic medical research,
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Figure 2.4: T1 and T ∗
2 contrast regime of SPIOs. The r1 relaxivity of SPIOs allow for

a T1 associated positive contrast (red) at ultra-short time to echo (TE) and a r2 associ-

ated negative contrast (T ∗
2 ) at later TE. Both acquisitions can be merged by subtraction

resulting in an enhanced iron oxide contrast.

are known to be most unfavorable biologic tissues in terms of background signal for

MRI guided cell tracking.

2.3.1.2 Synergistic T1-T
∗
2 contrast

The primarily high r1 relaxivity of SPIOs undergoes a reduction if internalized into

cells known as the T1 quenching effect (discussed in section 2.2.2.1). The reduction

of r1 yields a further boost in r∗2/r1, and hence, a pronounced T ∗2 contrast of labeled

cells. However, the remaining r1 actually shortens the background T1 which can be

used to gain T1 positive contrast images if the time to echo chosen is short enough.

The contrast in dependence of TE is sketched in figure 2.41. Signal contrast between

background and SPIOs is either positive (marked with the red bar) or negative (blue)

depending on the chosen TE. The amount of positive contrast is determined by the used

TR and flip angle α, the so called T1-weighting of the GRE sequence (square brackets

in Eq.2.29).

Girard et al. investigated the dominant contrast mechanism (T1 vs. T ∗2 ) depending

on background T1 and T ∗2 values [115]. They reported that, especially in tissues with

relatively short T ∗2 such as within bone marrow, the contrast efficiency given as ∆T ∗2 /T
∗
2

and ∆T1/T1 for T ∗2 and T1 contrast, respectively, is much higher for T1 than for T ∗2 if an

echo is produced directly after excitation preserving the T1 contrast before destructive

1Figure is recreated from Girard et al. [115]
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T ∗2 dephasing destroys this signal gain. A second echo acquired at later TE can be used

to further increase the contrast by suppressing non-T ∗2 -enhanced background tissue by

subtraction (T1-T ∗2 contrast). However, GRE sequences with ultra-short echo times are

not standard imaging protocols and their technical implementation is challenging. A

detailed description of such sequences can be found in sections 4.1.1 and 4.2.

2.3.1.3 Cell tracking studies based on GRE

In the early 1990ies, first feasability studies on MRI guided imaging of iron loaded cells

were reported [116, 117, 118, 119]. Some years later, successful tracking of labeled cells

was presented by Bulte et al. [120]. Within their work they showed that magnetically

labeled oligodendrocyte progenitors moved up to 10 mm away from the injection site

within 10 to 14 days post transplantation. Those progenitors produced intact layers of

myelin in a myelin deficient rat model confirmed by histology. Although in this study

the gradient echo images were acquired after removal of the spinal cord ex vivo, it was

one of the first studies presenting intact stem cell homing to the foci of disease with

a successful co-registration of hypointense MR contrast originating from the labeled

cells.

From that point on, many MRI based stem cell tracking studies confirmed the poten-

tial of this non-invasive imaging methodology to detect intact functional cells [84, 87,

121, 122, 123, 124, 125, 126, 127]. These studies were carried out mainly on disease

models of the central nervous system and the heart. Cerebral applications especially

benefit from very desirable properties of the background tissue: Almost no motion can

be expected and, despite the areas being located next to the auditory canal, the minor

susceptibility differences within the brain allow for gradient echo acquisitions with a

high sensitivity to the cellular signal. Those optimal imaging conditions allowed for

early (2002) reports on successful in vivo MRI guided cell trafficking within rat brains

[121]. They transplanted an amount as little as 30,000 embryonic stem cells labeled

with SPIOs between the cortex and corpus collosum contralaterally to a focal ischemic

area. While using a 7 T dedicated animal scanner able to produce a GRE image at a

resolution of 78 x 49 x 78 µm3, spatial dynamics of the transplanted labeled cells were

observed from the injection site towards the site of infarction. Comparable in vivo

tracking studies followed based on other neurologic disease models and fieldstrengths

[122, 123].
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Almost in parallel to the development of cell tracking studies in the brain, the field of

cardiac research made use of non-invasive imaging of stem cell homing. Motivated by

the vast growth of cardiac related diseases and the highly promising potential of cell-

based therapies in this field [125], numerous scientific groups committed themselves to

the complex task of imaging the moving heart of rodents. Cardiac triggering and gat-

ing in conjunction with high gradient inserts of dedicated preclinical systems allow for

the detection of minor amounts of iron oxide labeled stem and progenitor cells in the

beating heart. Epicardium-derived cells labeled with SPIOs could be detected at a con-

centration of 2× 104/µl at 100 x 100 x 500 µm3 and 9.4 T after direct transplantation

into the myocardium of rats [87]. Another direct transplantation study showed in vivo

cellular imaging within the mouse myocardium [127] where SPIO labeled EPCs at a

cellular density of 10,000 cells/µl had been transplanted. Imaging at 4.7 T (ECG gated

GRE at (230 µm)3 showed excellent agreement with ex vivo histology performed after

scanning. An important gain in detectability was reached by administering Gd-DTPA

to enhance the myocardial background signal.

Trafficking of endothelial progenitors involved in tumor regression was shown at 7 T

with a gradient echo sequence of 70 x 70 x 500 µm3 [124]. The SPIO marked cells were

injected intravenously and clearly detected 7 - 21 days after transplantation. Histology

confirmed the contribution of the systemically injected cells to functional neovascula-

ture.

The availability of clinical machines continued to further feasibility studies for cellular

imaging on lower field strengths. The limitations that come with the gradient per-

formance of such systems changed the strategy of high imaging resolutions towards a

maximum of cellular iron payload. In vitro single cell detection at 1.5 T was reported

by Foster-Gareau et al. (100 x 100 x 200 µm3) [58] and Hsiao et al. (60 x 60 x 700

µm3) [128], achieved by increasing the cellular iron content to 27.8 pg Fe/cell and 23.4

pg Fe/cell respectively. At 3 T and a GRE resolution of 20 x 33 x 1500 µm3, SPIO

labeled mesenchymal stem cells (MSC) were tracked after intraaortal injection into a

model of akute kidney injury in rats [126]. MSC engraftement of single labeled cells (a

cellular concentration of 1.5 cells/µl was estimated) in the kidneys was visible 14 days

after systemic injection of 1.5 · 106 MSCs. Even though a high cellular concentration

(2 · 106) and a direct application technique were employed, Amsalem et al. [84] were

able to perform cardiac imaging in rats at 0.5 T with a high contrast of the SPIO
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labeled MSCs.

These examples demonstrate that MRI guided cell tracking through gradient echo imag-

ing has a high potential to satisfy the needs of longitudinal trafficking studies in rodents.

The key-requirements for success can be condensed to the following:

� A well-defined amount of iron oxides per cell is needed (depending on imaging

resolution)

� Dedicated coils have to be employed to allow for acceptable SNR at the desired

resolutions

� A bright (tissue) background signal is mandatory

� The background tissue should be free of susceptibility artifacts which may misin-

terpretated as cellular contrast

2.3.2 Fully Balanced Steady State Sequences

In comparison to customary spoiled GRE sequences, fully balanced steady state se-

quences (bSSFP or True FISP) do not destroy the transversal magnetization at the

end of TR. Quite the contrary is the case. Transversal magnetization is preserved

yielding very high tissue SNR per unit measurement time. By changing the phase of

excitation (phase-cycling) from TR to TR by 180◦ the residual transversal magnetiza-

tion is flipped back, and the coherent transverse magnetization continues to contribute

to the signal in successive repetition intervals [129]. To preserve phase coherence of

the stimulated echos through successive TRs, the gradients played on all three axes

have to be rewinded. ”Rewinding” means that the accumulated gradient moments

(MG = G · tG) have to be zero at the end of TR. This is why bSSFP is called a bal-

anced pulse sequence. The transversal signal without any off-resonances is given by

[130]

Mxy = M0 sin(α)

[
1− E1

1− (E1 − E2) cos(α)− E1E2

]
e−TE/T2 (2.34)

with

E1 = e−TR/T1 and E2 = e−TR/T2 . (2.35)
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In contrast to spoiled GRE sequences, the steady state magnetization depends on T2.

The sequence contrast of bSSFP can not be chosen to be T1- or T2-weighted, but

represents a ratio of both. At short TR and TR� T2 equation 2.34 reduces to [131]:

Mxy = M0 sin(α)

[
1

T1/T2 (1− cos(α)) + (1 + cos(α))

]
e−TE/T2 . (2.36)

Because of T1/T2 in the denominator, the bSSFP contrast is often understood as

”T2/T1”-weighted. As for spoiled GRE, an optimal flip angle for maximal signal can

be calculated if background T1 and T2 are known [131]:

αmax = arccos

(
T1 − T2

T1 + T2

)
. (2.37)

2.3.2.1 T ∗2 contrast in the steady state

The bSSFP signal gets even more complex to conceive if spin isochromats with resonant

offset frequencies have to be assumed. In the worst case, the frequency offsets cause

the transversal magnetization to rotate about 180◦ until the next RF excitation. While

playing the next negative-phased RF pulse, the magnetization is not flipped back but

starts to cycle around the origin which yields a steady state value of zero. Therefore,

the steady state magnetization depends on the accumulated phase angle θ between

successive excitations defined as [130]:

θ = γ ·∆B0 · TR. (2.38)

The transversal magnetization is usually described by its orthogonal components M+
x

and M+
y with Mxy = M+

x + iM+
y rotating with the same precessional direction as the

RF excitation around the polarizing field B0 (denoted with +). Given this definition,

the transversal magnetization of bSSFP is calculated for the timepoint directly after

excitation [130]

M+
x (θ) = M0 (1− E1) (E2 sinα sin θ) /D

M+
y (θ) = M0 (1− E1) ((1 + E2 cos θ) sinα) /D

(2.39)

38



2.3 Acquisition strategies for cell tracking with MRI

with

E1 = e−TR/T1 (2.40)

E2 = e−TR/T2 (2.41)

D = (1− E1 cosα) (1 + E2 cos θ)− (E1 − cosα) (E2 + cos θ)E2. (2.42)

At timepoint TE after excitation, equation 2.39 is expanded by an additional phase

and dissipative term [132]:

Mxy =
(
M+
x (θ) + iM+

y (θ)
)
eiθTE/TRe−TE/T2 . (2.43)

Simulations on the transversal bSSFP magnetization Mxy in equation 2.43 for different

resonant offsets (hence accumulated phase over TR = θ) plotted in figure 2.5 show a

strong off-resonant frequency dependent magnitude and phase modulation (simulated

parameters: T1 = 3500 ms, T2 = 250, TR = 6.5 ms, TE = TR/2, α = 25◦, M0 = 1).

Depending on the success of smoothing the polarizing B0 field through shimming, the

magnetic field across the FOV varies as a function of position. At voxels where a field-

offset in B0 causes a rotation of the magnetization by θ = ±(1+2n)π within TR, where

n is an integer, the measured signal gets zero (see figure 2.5). This undesirable signal

cancellation at these so called bands become a problem especially at long repetition

times TR. Therefore, bSSFP acquisitions are known to be challenging in terms of

B0 homogeneity and gradient system performance, where latter limits the shortest

possible TR. Since global B0 inhomogeneities are of large scale compared to the voxel

dimensions, the intra-voxel magnetic field is generally considered as to be constant over

the voxel extent. Hence, one isochromat per voxel can be assumed. However, if iron

loaded cells with strong magnetic dipole fields are present, the intra-voxel magnetic field

is modulated over a wide range. An exemplary dipole-field for a cell loaded with 25 pg

Fe SPIO is shown in figure 2.6a. Figures 2.6b and 2.6c give insight to the intra-voxel

bSSFP signal response to these off-resonances as calculated with Eq. 2.43 (simulated
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Figure 2.5: bSSFP signal response to off-resonances. Depending on the accumulated

phase θ during successive excitation pulses, the transversal bSSFP magnetization undergoes

a magnitude signal drop at θ equal to multiples of (1+2n)π. The spectral distance, or

bands, between these signal gaps depends on TR (∆θ = 2π=̂1/TR).

parameters: T1 = 3500 ms, T2 = 250, TR = 6.5 ms, TE = TR/2, α = 25◦, M0 = 1; the

dipolar field was calculated and intra-voxel simulations were carried out as described in

section 5.2.3). Within the shown (200 µm)3 voxel, many bands are present which give

rise to two dissipative mechanisms: First, multiple bSSFP-banding signal drops are

present (fig. 2.6c&f), and second, even more important for voxel signal degradiation

and apparent T ∗2 contrast, multiple bands within that voxel have opposed phases (phase

jumps of π in fig. 2.6b&e).

Lebel et al. [110] investigated the impact of intra-voxel opposed phase conditions

as presented in figure 2.6 on the total image voxel contrast of iron labeled cells. They

showed on the bases of intra-voxel signal calculations that the phase reversals contribute

to the highest extent to the bSSFP T ∗2 contrast. If optimal SNR flip-angle, TR � T2

and long T1 (T1 � T2) are assumed, about 89% of the voxel signal degradiation is

caused by the phase-reversals of bands whereas magnitude banding is accountable for

the remaining 11% of signal loss. Within their study, Lebel et al. substantiated that the

cellular bSSFP contrast is quantitative in the sense of a well-defined relation between

relative MR signal loss ∆S/S0 (with ∆S = Scell − S0 the absolute signal change in the

presence of an iron loaded cell and S0 the background signal) and local magnetic dose
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Figure 2.6: a: Simulated magnetic dipole field from a cell loaded with 25 pg Fe. Phase

(b) and magnitude (c) response of the transversal magnetization to a bSSFP experiment

with TR = 6.5 ms and a flip angle of 25◦. d: Accumulated signal phase per TR θ along the

dashed line in (a). The same radial profile is presented for the resultant bSSFP phase (e)

and magnitude (f). For bSSFP imaging of iron loaded cells, the phase alteration about 180◦

between successive off-resonant bands in addition to the magnitude drop at θ = ±(1+2n)π

causes intra-voxel signal degradiation. The sign alterations about π between neighboured

bands of off-resonances yields intra-voxel signal cancellation and is the dominant contrast

mechanism in bSSFP imaging of iron loaded cells.

41



2. BASIC PRINCIPLES OF MR GUIDED CELL TRACKING

LMD of the iron loaded cells (see section 2.1.3.2) linked through the fractional signal

loss Kfsl:

∆S

S0
= Kfsl · LMD. (2.44)

They determined for bSSFP a value of Kfsl = 4.12 which is comparable to that of

spoiled GRE acquisitions (Kfsl = 4.03). Another assumption from their work and

Heyn et al. [102] is that bSSFP even exeeds the cellular detection limit of conventional

spoiled GRE acquisitions since next to the high fractional signal loss Kfsl the gained

cellular contrast-to-noise (CNR) figure

CNR =
∆S

S0
· SNR = Kfsl · LMD · SNR (2.45)

of bSSFP is much higher compared to GRE if acquisition time is taken into account

[58]. Heyn et al. calculated that 25 pg Fe per cell are sufficient to reach the detection

limit for a single labeled cell at a resolution of (200 µm)3 and an image SNR of 25.

2.3.2.2 Cell tracking studies based on bSSFP

In vitro studies on a 1.5 T wide-bore system equipped with a high-power (600 mT/m)

gradient system showed the feasibility of bSSFP imaging of single labeled cells at low

fieldstrength and at moderate cellular iron dosages of 9 pgFe/cell [58]. It was the same

group that presented the contrast regime of iron labeled cells in the fully balanced

steady state [102], and some years later an in vivo cell tracking study presenting single

retained macrophages in mouse brains after a left ventricular delivery of 10,000 labeled

(60.9 pgFe/cell) individuals [112]. At 3 T, labeled glioma cells imaged 18 days after

direct injection into the brain showed up as single dark spots within a bSSFP acquisition

with 100 x 100 x 100 µm3 (dedicated gradient coil insert 500 mT/m, slew rate 3200

T/m/s) [133]. Later on, the same group presented bSSFP based tracking of single

labeled immune cells [134] and mesenchymal stromal cells [135].

The strikingly small amount of published work on bSSFP based cell tracking is most

likely due to the more complex steady-state signal behavior to global off-resonances.

The drawbacks of banding-artifacts that came with bSSFP exceed the contrast gain
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compared to spoiled GRE imaging if SNR at the required resolutions is not a limiting

factor. Dedicated preclinical high-field systems are much more prone to global B0

inhomogeneities, and the dedicated coils in combination with the high main magnetic

fieldstrengths deliver the required SNR for high-resolution GRE images. However, in

low-field systems, SNR gets important and bSSFP acquisitions become more attractive.

Of course, global banding is an issue even for low-field systems, and the published work

made use of high power gradient inserts to keep TR below 10 ms at the high resolutions

acquired.

2.3.3 Sequences producing positive cellular contrast

Despite the high sensitivity of spoiled GRE and bSSFP images to iron loaded cells,

the specivity of the contrast is quite low. Differentiation of cellular signal voids from a

heterogeneous or low background signal is challenging.

To improve this, several positive contrast methods have been proposed. The main

goal herein is to saturate the background while producing a signal enhancement in

close proximity to the cell containing voxel. This can be achieved by mapping the

cell associated off-resonance frequency shift with a positive signal via saturation of the

on-resonant, non disturbed water protons [136], or by excitation of the off-resonant

water [137]. Mapping B0-field offsets was shown with bSSFP by exploiting the signal

enhancement next to the off-resonant singularity point of low tip angle bSSFP [138,

139]. Other methods use imaging gradients for field-compensation, and hence acquire

positive signal in voxels with high B0 gradients applied to gradient echo [140, 141,

142] and bSSFP acquisitions [143]. A method obtaining positive contrast that does

not need a pulse sequence adaption is based on the off-resonant associated echo-shift

in k-space which is mapped to a positive contrast employing standard GRE [144] or

adaptions of susceptibility weighted imaging which exploit the phase information of

GRE acquisitions [145]. All these methods have in common that they produce signal

enhancement which is spatially displaced from the cell. They need either a certain linear

field gradient or a non de-phased voxel with a distinct frequency offset for contrast

generation. None of these requirements are met in the cell-containing voxel. The intra-

voxel field distortions lead to a complete loss of phase coherence which cannot even

be re-phased by gradient compensation techniques [140, 141, 142]. As a consequence,

positive contrast techniques generate hyperintensities in neighboring image pixels where
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the needed phase and frequency conditions are met. However, many labeled cells are

required to gain a magnetic field pattern exceeding the cell containing voxel which in

turn contradicts single cell detection required for in vivo cell migration studies [56, 120,

146].

2.3.3.1 Cell tracking studies based on positive contrast techniques

Stuber et al. showed an in vivo application of their inversion recovery sequence with

on-resonant water suppression (IRON) [136] on the basis of direct injection sites within

the hindlimb of rabbits at 3 T. The course resolution of the 2D experiment with 3

mm slice thickness and (450 µm)2 inplane resolution showed positive contrast from

125,000 cells (1000 cells/µl). The spectral selective excitation approach published by

Cunningham et al. [137] showed successful in vivo cellular imaging at a density of

10,000 cells/µl within the hindlimb of a mouse at 2 mm slice thickness and ≈ 300 µm

x 400 µm resolution and 1.5 T. Again on comparable low fieldstrength of 1.5 T, the

bSSFP small tip-angle approach PARTS showed positive contrast for 500 cells/µl [139].

In vivo demonstrations for the field-compensation method were carried out in pigs, even

though endovascular paramagnetic markers, not labeled cells, were in the focus of this

research [140]. The most sensitive approach is based on calculating positive contrast

images out of phase information of GRE datasets [145] even though this technique

is quite limited since a very homogeneous background field is mandatory. However,

this work presented single cell detection with positive contrast in vivo within a murine

traumatic brain insury at 7 T and 58 µm x 79 µm x 79 µm resolution.
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2.4 Technical considerations at imaging sub-millimeter res-

olutions on clinical MRI hardware

Most preclinical studies are based on mice and rats. In order to produce reasonable MR

images, the field-of-view (FOV) has to be adapted to match the morphologic structures

of those animals. The MR images in figure 2.7 give an example for the scale between

human and preclinical MRI. The need for high image resolutions is accompanied with a

low signal-to-noise ratio (SNR) and high demands on the magnetic field gradients used

for spatial encoding [147, 148]. To give a better understanding of the difficulties in

imaging sub-millimetre resolutions, issues on SNR and spatial encoding are discussed

within this section.

Figure 2.7: MR images acquired through gradient echo sequences at 3T. The scale be-

tween human and preclinical MRI examplified for a sagittal view of a human (left) and a

mouse (right) thorax. The huge difference in size is shown for the region of interest of the

left ventricle.

2.4.1 SNR

The signal-to-noise ratio provides a fundamental limitation to resolution in MRI since

the signal available from each volume element (voxel) decreases as the voxel size is

reduced [149, 150, 151]. In order to optimize and improve image acquisition to achieve

high-resolution images it is mandatory to know the main parameters which can be

tuned by the experimenter.

An important role in the subject of NMR receptivity has the type of nucleus to be

imaged. The 1H nuclei with the natural abundance of 99.9885% and the gyromagnetic
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Figure 2.8: Principle of NMR signal reception. A receive coil is placed orthogonal to

the polarizing field B0. The magnetization in δV rotates with ω0 and produces a time-

varying B1-field inducing a voltage ξ into the receive coil. δV , the volume of a single pixel

(voxel-volume), depends on the chosen resolution of the imaging grid (blue).

ratio of γ = 42.58 MHz/T has the highest NMR sensitivity of all biologic relavant spin

1/2 nuclei [150]. In addition to the high NMR sensitivity, the average water fraction

in humans by weight is estimated to be 53% [152] which explains the importance of

proton MRI over all other nuclei in clinical applications. The thermal equilibrium

magnetization M0 depends on the gyromagnetic ratio γ and the quantum number I of

the nuclei to be measured given as [153]

M0 = ρ0
γ2~2I (I + 1)

3kBTs
B0. (2.46)

With ρ0 the density of spins per unit volume, ~ the reduced Planck constant, kB the

Boltzmann constant and Ts the sample temperature. Within the NMR experiment, this

magnetization is measured through a coil which is inductively coupled to the rotating

spin-system as presented in figure 2.8. The induced voltage ξ is calculated according

to the law of reciprocity by

ξ = − δ

δt

(
~̂
B1 · ~m

)
(2.47)

with

~̂
B1 =

~B1

I0
(2.48)
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the produced B1 field per unit current I0 in the coil and ~m the magnetization rotating

in the transversal plane of the volume δV :

~m = M0δV sin (ω0t) ~em. (2.49)

This finally leads to the formula for the induced voltage:

ξ = B2
0δV

B1

I0
ρ0
γ3~2I (I + 1)

3kBTs
cosω0t. (2.50)

Signal to noise ratio (SNR) is defined as the received signal over the root mean square

amplitude of the received noise σn

SNR =
ξ

σn
(2.51)

and with kB the Boltzmann constant, T the absolute temperature and ∆f the equiva-

lent noise bandwidth the noise is

σn =
√

4kBTr∆f. (2.52)

Herein, the equivalent noise resistance r consists of Joule losses within the receiving

coil, magnetic losses within the imaging volume (eddy currents) and dielectric losses of

the RF-field [154]. Considering clinical fieldstrengths, the magnetic losses rM within

the tissue with a resistivity ρ are most dominant [150, 154] and related to the frequency

ω0 of the B1 field:

rM ≈ ρω2
0. (2.53)

The final SNR is

ξ

σn
= B2

0δV
B1

I0

cosω0t√
4kBTr∆f

k (2.54)
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with k being a proportionality constant depending on the type and density of the

imaged nucleus. The induced voltage in Eq.2.50 shows a quadratic dependence to the

main magnetic field B0 while the equivalent noise scales linearly (square root of Eq.2.52

and ω0 = γB0), resulting in a linear dependence of SNR with B0.

All components that have an impact on SNR can be condensed to:

� B0

signal ≈ B2
0 , noise ≈ B0

� δV

image voxel volume

� B1/I0

coil efficiency

� 1/
√
T

Joule losses within the receiver path

� 1/
√

∆f

receiver bandwidth

� k ≡ nucleus
density and NMR receptivity

Following these assumptions, the intrinsic SNR can be improved eighter by investments

in imaging hardware through high-field systems and dedicated coils, or by the acquisi-

tion of enlarged voxel dimensions (δV ) and a lower imaging bandwidth.

Considering the example of the murine heart in figure 2.7, the volume of interest is

reduced by a factor of 1000 resulting in 1000 times lower SNR if no adaptions in the

acquisition or imaging hardware are made.

2.4.2 Main magnetic fieldstrength

Following the assumptions of Eq. 2.54, SNR scales with the main magnetic field-

strength B0. However, an increase in the polarizing fieldstrength B0 is coupled to a

48



2.4 Technical considerations at imaging sub-millimeter resolutions on
clinical MRI hardware

weak shortening of T2 and a pronounced lenghthening of the spin-lattice relaxation

time T1 [155, 156, 157]. The latter leads to a prolonged experimental repetition time

for the same magnitude of steady state magnetization as compared to experiments at

low magnetic fieldstrengths. Hence, for the apparent performance in the sense of im-

age SNR efficiency the needed measurement time has to be taken into account. SNR

scales with the number of averages used (see section 2.4.4). Therefore, SNR efficiency

is frequently defined as the SNR per square root of total acquisition time [129].

Boef et al. [158] presented SNR numbers acquired at preclinical MRI studies and com-

pared them between 1.5 T and 7 T. They identified the enhanced T2 contrast as a

valuable benefit in imaging the brain, whereas the increase in T1 represents a major

limiting factor for high-field in vivo SNR. On phantoms consisting of non-conducting

fluids (where conductive field-dependent losses can be neglected) and equal T1 times

for 1.5 T and 7 T, respectively, the authors showed that experimentally determinded

numbers for the high field system were far below theoretical estimations. Despite the

use of RF-coils with the same geometrical dimensions, the SNR efficiency values de-

viated in the order of 2 to 3 times from the ones expected. Boef et al. argued that

preamplifier noise figures at high frequencies and transmit/receive coil coupling account

for the observed SNR at 7 T.

Further limitations of high-field imaging are an enhanced sensitivity to susceptibility ar-

tifacts and a reduced contrast agent relaxivity r1. The scaling of susceptibility-induced

field-heterogeneity (Eq. 2.7) with B0 aggravates the application of fully balanced se-

quences which are degraded at high-field systems by banding artifacts. For molecular

imaging applications, the loss in relaxivity r1 of magnetic nanoparticles used as T1

imaging probes, known as the nuclear magnetic resonance dispersion (NMRD), states

a major problem at high fieldstrengths [105].

2.4.3 RF-coils

There are two major groups of RF-coils used in MRI: Surface coils which are directly

applied to the subject’s skin, and volume coils that surround the whole subject under

investigation.

The majority of volume coils are made of an arrangement of copper rods placed along

a ring which gives this type of coil the characteristic name birdcage [159]. Birdcage

coils have the advantage of a very homogeneous B1 field within the ”cage” covering the
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whole imaging FOV. The cylindrical symmetry allows for a quadrature mode which

increases SNR by a factor of 1.4 compared to linear driven surface coils, since both

orthogonal components of the magnetization vector are received [159]. Despite this

valuable gain in SNR, the fixed arrangement of the coil elements lead to an increased

distance between the conductors and the object to be imaged, reducing the coil’s ef-

ficiency. Therefore, the inner diameter of volume coils is an indicator of the inherent

SNR of the coil. For example, a dedicated volume coil for rats (7 cm diameter) delivers

1.7 times the SNR of a human wrist coil (8.5 cm i.d.) and a dedicated mouse coil (3.5

cm i.d.) is able to improve the SNR of the wrist coil by a factor of 5.3 (measured values

at 3 T on a spherical 3 cm diameter agarose-phantom). Therefore, adapting the coil

dimensions to the desired object of interest is a comfortable and mandatory step to

improve SNR for high resolution imaging.

A step further in matching the receive coil to the FOV can be made with surface

coils. If the FOV is situated next to the skin, planar coils ensure an optimal linkage of

the magnetic flux with the tissue magnetization and therefore, the SNR of the coil is

maximized. While B1 field penetration of one coil is very limited and inhomogeneous,

multiple surface coils can be used to enlarge the FOV and improve the low B1 homo-

geneity of a single loop. The individual signals are combined to form a single image of

the complete FOV. These coils, also known as phased arrays, are widely used in clinical

MRI investigations since they provide a large FOV coverage with the SNR and there-

fore, resolution capabilities of a small surface coil [160]. However, the main advantage

of phased array coils in clinical practice is that the intrinsic spatial information of each

surface coil given by its position can be used to accelerate imaging. With dedicated

parallel image reconstruction techniques (e.q. SENSE [161] or GRAPPA [162]) the

used number of acquisitions for spatial encoding is reduced by a factor of R (accalera-

tion factor) depending on the number of independent receive channels available. The

downside that comes with a boost in acquisition time is a reduced image SNR [161]:

SNRacc ∝
SNRfull

g
√
R

. (2.55)

Eq. 2.55 states that for parallel MRI, SNR is degraded by the square root of the accel-

eration R in addition to a spatially dependent noise amplification g in areas where coils

have a significant overlap of their sensitivities. Hence, for SNR demanding preclinical
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MRI applications, the benefit of phased arrays is to extend the FOV at the high SNR

of a small surface coil rather than accelerating image acquisition.

2.4.4 Signal averaging

By summing up images from successive experiments, a technique known as averaging,

the intrinsic imaging SNR can be improved [150]. Noise adds with random phase

while the signal adds coherently. Since noise power σ2 is additive, its root-mean-

squared amplitude scales with
√
N over successive averages N which results in a total

SNR improvement with the square root of the number of experiments. A limitation

of averaging is the time required for a full longitudinal recovery between successive

experimental repetitions. However, for fast gradient echo imaging the repetition time

is always smaller than T1. In that case, assuming the use of the optimal Ernst angle

(eq. 2.31), the received signal enhances roughly with the square root of TR [163].

This means that the signal gain by choosing a longer TR for magnetization recovery is

almost equal to the gain achieved by averaging during the same acquisition time using

a reduced TR. The benefit of signal averaging in that case is that motion-induced

view-to-view inconsistencies during data acquisition are suppressed [164].

2.4.5 Gradient performance

Gradient fields are used to encode the protons’ positions by modulating the resonant

frequency linearly with spatial location. This concept is realized by applying magnetic

field gradients G which are superimposed to the polarizing field B0 and vary the mag-

netic field amplitude in ~ez, the direction of the main magnetic field, linearly with the

spatial position r = x~ex + y ~ey + z ~ez:

Bz(r) = B0 +Gxx+Gyy +Gzz. (2.56)

The gradient coils of clinical MRI’s are optimized to match the required resolution and

imaging speed for human applications. For example, the voxel size for standard human

MR imaging is in the millimeter range and limited by the SNR gained with the used

RF-coils. The focus in optimizing gradient coils for human MRI is on gradient homo-

geneity within the large FOV and eddy current reduction in order to achieve a fast
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distortion-free acquisition [165, 166]. Besides these technical challenges, there are ma-

jor constraints to gradient speed originating from the high dB/dt values while rapidly

switching the gradients polarity. The voltages induced into the patient are in the fre-

quency range between 1 - 10 kHz [167] and cause a depolarization of nerve fibers known

as peripheral nerve stimulation (PNS) which has to be considered for reasons of patient

safety. Given the aforementioned constraints, state of the art wide-bore gradient sys-

tems deliver a gradient strength of 40 mT/m at a maximum slew rate of 200 T/m/s.

In comparison, dedicated preclinical scanners are supplied with gradient systems from

400 up to 1000 mT/m and slew rates of 3500 up to 9000 T/m/s. This comparison is

of course flawed since the preclinical FOV’s are limited to a few centimeters and PNS

is not a problem for anesthesized animals. However, it emphasizes the challenges in

the implementation of preclinical studies on hardware conceived for imaging at 10-fold

lower imaging resolutions.

In general, the gradient performance determines the speed of the imaging experiment.

While resolution is technically not limited by the available gradient strength, a re-

duction of voxel dimensions prolongs the shortest possible time to echo TE and the

duration of the sampling interval. For gradient recalled echo acquisitions, the sequence

timing and imaging resolution is connected with the echo time dependent signal loss

caused by T ∗2 . As a consequence of T ∗2 , the possible resolution is degraded since first, a

reduced signal at time point TE reduces the measured SNR and second, the T ∗2 decay

during the readout causes a spectral, hence spatial, broadening of the originally single

isochromat at location r. To avoid spatial broadening, the readout time is kept as short

as possible by enlarging the readout bandwidth. With the Rayleigh criterion [168] on

the separability of two neighbored pixels, a T ∗2 dependent minimum imaging bandwidth

can be found to be N/ (πT ∗2 ) [150].

Figure 2.9 shows how the timing of the pulse sequence is changed upon increasing image

resolution. This is examplified on the basis of a 2D gradient echo experiment, but the

underlying principle is the same for every 2D sequence, e.g. a spin-echo where center

k-space is acquired at the center of the readout gradient (often called a centered echo,

or full echo sampling).

Neglecting T ∗2 blurring, spatial resolution depends on the readout gradient strength
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GRO and imaging bandwidth BW :

∆x =
BW

GRO · γ
. (2.57)

For a reduction of the voxel size ∆x, either the gradient strength has to be increased

(fig. 2.9a→b) or the imaging bandwidth is reduced (fig. 2.9b→c). A higher gradient

amplitude GRO tends to result in a prolonged echo time since the readout pre-phasing

gradient -half of the readout gradient moment in size executed before the readout- has

to be enlarged (yellow area in fig. 2.9b). In addition to that echo time elongation, a

reduced bandwidth yields an increased sampling duration Ts:

Ts =
N

BW
. (2.58)

Thus the echo time is additionally extended by half of the readout lengthening, plus

additional time needed for the pre-phasing gradient (blue area in fig. 2.9c). Conse-

quentially imaging at small voxel dimensions lead to a prolonged TE and lengthened

readout, hence, a decrease in separability caused by T ∗2 , which have to be balanced to

the gain in spatial information by the experimenter.
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Figure 2.9: a: 2D gradient echo sequence diagram. b: Enhancing imaging resolution by

enlarging the readout gradient strength leads to a longer echo time caused by an enlarged

pre-phaser gradient moment (yellow). c: If imaging bandwidth is reduced to gain smaller

imaging voxels, the readout gradient in addition to the pre-phaser is adapted (blue) and

prolongs TE.
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3. AMPLIFICATION STRATEGIES FOR CELL TRACKING WITH
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3.1 Enhanced contrast of single cells through zero-padding

3.1.1 Introduction

The presented study deals with an amplification strategy for single cell detection of

iron oxide labeled cells imaged with gradient echo sequences.

As a rule of thumb the achievable in vivo resolution for GRE images are about (100

µm)3 at standard preclinical scanners and (200 µm)3 on clinical MR hardware if ded-

icated preclinical RF-coils are used. The relatively large (with respect to the cellular

size) voxel volume allows a great margin for the positioning of a cell within a voxel.

Preliminary work [61, 102] identified that intra-voxel cellular positioning has a remark-

able, even if not quantified by the authors, impact on the voxel contrast. This effect is

often referred to as partial volume effect. The term partial volume may be missleading

since - even if single labeled entities and their induced field inhomogeneity are fully en-

trapped within a particular voxel volume - an intra-voxel position-dependent contrast

modulation is observed. Cells located centrally with respect to the discrete imaging

grid show maximum contrast while cells spatially placed in between the grid show a

reduced contrast. The cellular positioning within a voxel cannot be determined a priori

and is principially arbitrary. Therefore, the acquired signal intensities may vary even

if the same amount of cells with an equal paramagnetic load are imaged, which consti-

tutes a major problem for cellular quantification.

Within this study it was investigated:

� The cellular partial volume effect with the aid of numerical simulations.

� The sensitivity of the contrast change with respect to different cellular iron pay-

loads.

� A new reconstruction approach based on the theory of zero-padded Fourier trans-

form in order to amplify the contrast of cells which are non-centered with respect

to the imaging grid. This technique is able to exploit the initial, non-displaced

cellular contrast.

� The new technique in vitro and show cellular contrast not visible with the stan-

dard reconstruction before. High resolution images are used to identify and con-

firm the origin of the new contrast from displaced cellular identities.
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Figure 3.1: (a, top) The punctuate magnetic dipole moment of a paramagnetically loaded

cell induces an intra-voxel phase dispersion. Finite sampling yields a convolution of the

point-spread-function with the spatial continuous magnetization. (a, bottom) Numerical

intra-voxel simulations (50 pg Fe, PSF corresponding to (300 µm)3 sampling) predict a

maximum cellular contrast if the cell is placed centrally to the imaging grid and reduced

contrast for a cell displaced by half the voxel dimension. This is further examplified by

shifting the grid about -1/2 up to 1/2 of the voxel width (b).
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3.1.2 Theory

3.1.2.1 Cellular contrast and the image point spread function

Image formation, and hence voxel intensity, is a result of the Fourier transform of time

discrete data points acquired with a dwell time DT over a finite sampling duration

T . Finite sampling is associated with truncating a signal over time. This truncation

is mathematically described by multiplying the time infinite data with a rectangular

window of duration T . The Fourier transform of this window is the point spread function

(PSF) and with the convolution theorem of Fourier transform, the spatial continous

information is mapped to the image by a convolution with the PSF [169].

Accordingly, voxel intensity S(~x) is not a simple sum of the complex magnetization

confined by the voxel volume, but results from a convolution (?) of the continuous

transversal magnetization Mxy(~x) with the imaging PSF:

S(~x) = Mxy(~x) ? PSF (~x). (3.1)

If structures smaller than the discretization grid are of interest, the PSF introduces

a contrast dependency on the intra-voxel position. For example, within a uniform

background, there is about a 36% difference in contrast of a given ideal point source

between when the object is placed exactly on the spatial position of the image grid and

when it is placed in between two image points (a sinc shaped PSF assumed [153]). For

3D imaging, the contrast difference may be even more severe, since a displacement of

half the voxel width in all 3 dimensions causes a relative contrast degradation of 74%

already.

Iron labeled cells produce microscopic field perturbances which cause a phase dispersion

across the voxel. Therefore, their contrast mechanism is not directly comparable with

the point-like magnitude modulation given in the aforementioned example. Neglecting

diffusion and assuming gradient echo acquisitions, the magnitude degradiation of the

acquired voxel is purely a result of the convolution of the PSF with magnetization of

same magnitude but different phase angles (visualized in figure 3.1a).

The intra-voxel signal in figure 3.1 indicates that, despite the differences between the

point-like object and the apparent phase dispersion pattern of labeled cells, the intra-

voxel magnitude |S(~x)| caused by a cellular perturber follows a course comparable to
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that of a point object convolved with the PSF. Consequentially, a depencence of the

cellular contrast on the intra-voxel position of the cell is observed (figure 3.1b).

3.1.2.2 Zero-padding

The spatial information contained in S(~x) is limited by the blurring of the PSF which

is fixed by the length of the sampling window T = N ·DT [169]. For standard image

reconstruction employing a discrete Fourier transform (DFT) directly on the acquired

N data samples, N voxels with a inter-voxel distance of ∆x = FOV/N are the result.

The central datapoint of the intra-voxel course of S(~x) represents the voxel intensity.

By zero-padding (ZP, zero-filling, sinc-interpolation), the spatial intra-voxel course of

S(~x) can be acquired by adding additional sampling points to S(~x). Zero-padding is

performed by adding zeros at the end of k-space before applying the DFT. For exam-

ple, appending N/2 zeros to the negative and N/2 zeros to the positive k-space sample

points refines the sampling of S(~x) to an inter-voxel spacing of ∆x/2. Following the

arguments about the PSF mentioned above, no additional spatial information is gained

through zero-padding. However, by incoporation of a priori knowledge about the cell,

namely to search for the minimum of S(~x) within a voxel, zero-padded images provide

the information necessary to overcome the contrast reduction of the partial volume

effect. If the grid is refined to an extent so that the cellular position matches the zero-

filled image grid, the maximum contrast is sensed in the same way as if the cell was

positioned directly on the native grid.

The approach followed by the presented work was:

� To refine the sampling grid up to the memory limits given by the reconstruction

hardware.

� To search within the refined grid for the magnitude minimum within the native

voxel volume.

� This signal intensity was chosen as the new voxel intensity of the native grid (=

minimum intensity projection, MIP), therefore enhancing the negative contrast

for deplaced single labeled cells.
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3.1.3 Methods

3.1.3.1 Simulations

Intra-voxel grid simulations were carried out as described by Lebel et al. [110] in order

to simulate S(~x) for different cellular iron loads. In detail, the transverse magnetization

of 7 x 7 x 7 voxels with a voxel volume of (300 µm)3 each and a total discretization

of 3513 sub-voxels were calculated based on equation 2.29. The local frequency offset

∆ω~r = 2π∆f~r for each sub-voxel at grid postition ~r was evaluated in dependence of the

cellular load mc (pg) of a single cellular perturber placed at the center of the simulation

grid:

∆f~r =
γ

4π

KFemc

r3

(
3 cos2 Θ− 1

)
. (3.2)

In the above equation, γ is the gyromagnetic ratio (MHz/T), KFe = 1.34 · 10−19

T/(pg/m3) a calibration coefficient between iron load and effective magnetization [35],

Θ the polar angle relative to the direction of the main magnetic field B0 and r the dis-

tance from the center of the cell (m). The PSF was calculated given an unapodized, rect-

angular window in 3D [169] which results in a seperable sinc-shaped PSF given at the

sub-voxel positions (nx, ny, nz) as PSFnx,ny ,nz = sin (πnx/Nsub)
πnx/Nsub

· sin (πny/Nsub)
πny/Nsub

· sin (πnz/Nsub)
πnz/Nsub

with Nsub = 25 the total number of sub-voxels per voxel. In addition, the simulations

performed accounted for off-resonant displacements in readout direction by shifting

sub-voxel magnetization according to the local field-offset and readout bandwidth (320

Hz/pixel). Other simulation parameters were adapted to match the conditions of the

in vitro experiment described next: TR = 11 ms, TE = 4.76 ms, T1 = 1200 ms, T2 =

80 ms, α = 8◦, M0 = 1.

3.1.3.2 In vitro experiments

Cells loaded with an average of 80 pg Fe (SPIO: Resovist) were diluted within 0.5 %

agarose to reach a final concentration of 10 cells/µl and filled into a cylindrical 5 mm

diameter cavity of a 50 ml agarose-filled tube. Cellular iron load was first determined

with the susceptometric method described in [35] and section 2.2.3.4 on cellular samples

taken from the same cellular patch. Isotropic 3D GRE datasets of the phantom were

acquired on a 3 T clinical system using a volume coil for mice. A low-res (310 µm)3
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scan (TA ≈ 5 min) with slab-selective excitation and TR = 11 ms, α = 8◦, TE = 4.76

ms, matrix = 1603, 320 Hz/pixel and a high-res (148 µm)3 scan (TA ≈ 48 min) with

TR = 22 ms, α = 12◦, TE = 9.06 ms, matrix = 2563, 320 Hz/pixel were acquired.

3.1.3.3 Reconstruction

The rawdata of the 3D gradient echo acquisition (low-res) was processed in MATLAB

(MathWorks Inc., Natick, MA, USA). Oversampling in readout direction was removed

prior to data processing since the FOV covered the whole agarose-phantom. The final

1603 point k-space was padded with zeros to reach a final matrix size of 6403 (about

2 GB of memory in single precission) followed by a 3D FFT. Through zero-padding, a

4-fold refined imaging grid was therefore calculated and a minimum intensity projection

of the gained 4 x 4 x 4 sample points per native voxel was calculated.

3.1.4 Results

Figure 3.2 shows a loss in contrast in dependence of intra-voxel positioning of a 50 pg Fe

loaded cell. The relative contrast depicted is defined as the fraction ∆S/∆Smax, where

∆S = Scell−S0 is the absolute signal change to S0 (the background) in the presence of

an iron loaded cell at a certain intra-voxel position of the cell and ∆Smax is the max-

imum value of ∆S within a voxel. Cellular displacements by 0.5 the voxel dimension

within all 3 spatial directions |0.5, 0.5, 0.5| reduce the voxel contrast by up to 76 %.

Apparently the contrast modulation additionally depends on the readout direction and

the cellular intra-voxel shift along this direction. The different microscopic field offsets

cause a displacement of the magnetization along the direction of the readout gradient

depending on the used imaging bandwidth. Additionally, the sign and amplitude of

off-resonances are linked to the direction of the main magnetic field B0 (equation 3.2).

Therefore, slice orientation (orientational relation to the spatial field-pattern), readout

direction (shift direction) and the chosen readout bandwidth (amount of shift to off-

center frequency) contribute to the intra-voxel contrast course.

In order to simplify considerations on the effect of cellular missmatch with the grid,

the analysis emphasized on the difference of the contrast maximum ∆Smax/S0 and min-

imum ∆Smin/S0 within a voxel irrespective of the exact locations. Figure 3.3a shows

∆Smax/S0 and ∆Smin/S0 for a range of intra-cellular iron concentrations. Figure 3.3b

compares the gain in relative contrast (∆Smax − ∆Smin)/∆Smin if a cell at location
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Figure 3.2: The relative cellular contrast ∆S/∆Smax (∆S = Scell−S0) calculated at dif-

ferent intra-voxel positions with respect to the highest cellular contrast ∆Smax (perturber

placed centered with respect to the imaging grid). The dipolar field of a 50 pg Fe loaded

cell was used for simulation. The plot was made diagonal through the voxel in order to

catch the points of maximum contrast loss for a displacement within all 3 directions of 0.5

times the voxel dimension (blue areas).
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Figure 3.3: Simulated contrast for different intra-cellular iron oxide concentrations.

(a) Relative signal decrease to background ∆S/S0 for a voxel entrapping an iron ox-

ide labeled cell positioned on the imaging grid (red) and for the case that the cell is

placed exactly in between the grid (all 3 directions). (b) Relative contrast enhancement

(∆Smax −∆Smin)/∆Smin if a maximum displaced cell is imaged on the grid.
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Figure 3.4: top: original (310 µm)3 GRE image and CNR plot; bottom: image + CNR

values after minimum intensity projection of the zero-filled refined grid presenting enhanced

perturber contrast.

with minimal contrast is matched to the imaging grid. The simulations reveal that the

gain in contrast is best for small iron concentrations.

The ZP reconstruction delivers sampling points which are closer to the actual cellu-

lar position, therefore avoiding contrast loss. Figure 3.4 compares the gradient echo

acquisition with a native resolution of (310 µm)3 to a voxel-wise minimum intensity

projection of the 4-fold ZP reconstruction. The ZP method shows cellular contrast not

visible with the initial native recontruction before.

To substantiate the hypothesis that the new contrast originates from displaced per-

turbers, a comparison with a native 3D GRE with 2-fold higher resolution is shown in

figure 3.5. Since the 4-fold ZP reconstruction of the (310 µm)3 dataset consists of an

interpolated grid with the spatial resolution of (≈ 77 µm)3 the high-res zero-padded

images were projected to 155 µm slices by minimum intensity in order to make them

comparable with the native (148 µm)3 scan. The CNR maps of the gained two slices

compared with the native 148 µm slices show an excellent match of contrast.

3.1.5 Discussion

Although no further gain in image information is provided by zero-padding, additional

sample points allow for the detection of the voxel signal minimum caused by paramag-

netic structures. A high contrast gain is predicted by simulations for perturbers with

a low iron content. This observation is of major importance, since for in vivo appli-
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Figure 3.5: Comparison between the zero-filled MIP and a native (148 µm)3 scan confirms

the origin of the contrast enhancement from punctuate perturbers which had not been

visible with the standard (310 µm)3 reconstruction before.

cations the displacement may reduce the signal decrease of small particles below the

noise-dictated detection threshold. The loss of contrast can be completely recovered by

ZP reconstructions.

In addition, the simulations emphasized that the intra-voxel contrast course shows a

dependency on the chosen imaging bandwidth visible by the smearing of contrast along

the readout direction as shown in figure 3.2. This effect is known for strong magnetic

dipoles like interventional devices [150, 170] where macroscopic field offsets modulate

the contrast of neighboring voxels in readout direction. The same effect may have a

significant relevance for the available contrast for small magnetic perturbers like cells.

A purely hypothetical assumption based on this observation is that by using a higher

image bandwidth a more concentrated (less shifted) intra-voxel phase dispersion may

be produced which results in a higher absolute magnitude loss.

The in vitro data presented in this study tested the feasibility of cellular contrast en-

hancement analysing ZP images. A minimum intensity projection over 4 x 4 x 4 sample

points of the 4-fold refined sampling grid enhanced the contrast for labeled cells remark-

ably. Cellular hypointensities invisible within the original (310 µm)3 reconstruction but

within the MIP of the 4-fold zero-filled dataset are clearly depicted within a native high

resolution scan, indicating that many perturbers are far displaced from the original (310

µm)3 grid. This result is further remarkable considering the 10-fold longer acquisition

time for the high resolution scan and the comparable cellular detection capabilities

both images deliver.
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3.2 Mapping field perturbations for cell tracking with pos-

itive contrast

3.2.1 Introduction

The aim of this study was to monitor iron oxide labeled progenitor cells within the

target tissue of bone marrow. The bone marrow consists of trabecular boney structures

with a very short intrinsic T ∗2 which confine a dense network of blood vessels (which

again amplifies R∗2), intra-trabecular water and a high concentration of fatty acids

[171]. The heterogeneous structure of these components, each of them having a disinct

magnetic susceptibility, give rise to an inhomogeneous static magnetic field environment

[34, 37, 171, 172]. This results in an increase of the apparent relaxation rate R∗2 and a

corresponding decrease in signal intensity in gradient echo imaging. While the signal

decay originating from susceptibility differences may be used as a source of information

for bone structure evaluation [37, 173, 174] it reduces background signal for cell tracking.

Since the inhomogeneities are of static nature, the rephasing properties of the spin echo

technique [26] allow for a comparable high background signal. However, rephasing

local B0 inhomogeneities and sensing T2 rather than T ∗2 reduces the sensitivity to

signal degradiation from small paramagnetic objects about 70-fold [35]. Therefore,

new contrast mechanisms have to be employed which allow for a sensing of iron oxide

labeled cells within bone marrow.

As mentioned in section 2.3.3, sequences producing positive contrast from paramagnetic

particles help to overcome the specivity issues in cell tracking within target tissues of

heterogeneous or low background signal.

In this study, a novel approach for positive contrast, suggested by Stuber et al. [136],

was adapted for the application in bone marrow and validated within an in vitro model

of the ilium.

3.2.2 Theory

Imaging of iron oxides is based on their perturbation of the homogeneous main mag-

netic field B0. Magnetization in close proximity to the cell experience a frequency offset

∆ω as schematically illustrated on the left in figure 3.6. As a result, the initial sharp

lines of the NMR proton spectrum (solid line in figure 3.6 right) of surrounding tissue
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Figure 3.6: Field map to the left and resultant proton spectrum to the right. The

spherical structure in the left image causes field perturbations ∆ω which enlarge the half

width at full maximum (BW broadening) of the proton NMR peaks of free and lipid bound

protons.

experience a broadening visualized in blue in figure 3.6. This allows to differentiate be-

tween tissues free of any paramagnetic objects and off-resonant protons next to labeled

cells by their spectral bandwidth (BW).

Stuber et al. introduced the idea of visualizing cells with positive contrast by adding on-

resonant, spectrally selective radiofrequency pulses with limited bandwidth in advance

to an imaging readout. These saturation pulses suppress on-resonant magnetization

while off-resonant magnetization linked to the spectral broadening of labeled entities

remains unaffected. The procedure creates a positive contrast in regions close to the

cellular perturber as labeled in blue in figure 3.7 where the area of positive contrast

can be controlled through the width BWsat of the saturation. The main advantage

of this technique over other positive contrast approaches is that the cellular contrast

is produced by adding simple preparation pulses independent from the used imaging

sequence. That implies the applicability to fast gradient echo techniques, spin echo or

even time efficient turbo spin echo (TSE) readouts in 2D as well as in 3D [136].

The NMR spectrum of bone marrow contains a high fraction of lipid bound protons in

the methylene groups (CH2) of fatty acids. The chemical environment of these protons

shifts their appearence within the 1H spectrum about 3.5 ppm (with respect to the lar-

mor frequency γB0) upfield (towards a lower center frequency). If an NMR spectrum

is acquired within bone marrow, a second peak visible on the right of figure 3.6 and 3.7

appears which originates from lipid bound protons.

The inital approach of Stuber et al. (IRON) intended to saturate on-resonant free un-

bound water while completely suppressing signal originating from lipid bound protons.
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Figure 3.7: While saturating the on-resonant lipid and water bound protons by narrow

bandwidth RF pulses with a bandwidth of BWsat, the protons close to a paramagnetic

perturber (blue) remain uneffected and can be used for positive contrast imaging.

Within this study, a second saturation pulse was applied for on-resonant protons at

- 3.5 ppm which accounted for the high fraction of lipid bound protons in marrow.

Therefore, protons in close proximity to paramagnetically loaded cells are imaged with

positive contrast irrespective of their chemical bound. A fast spin echo, or RARE se-

quence, was selected for image readout based on the intrinisc advantage in imaging

bone marrow concerning the available tissue background signal.

3.2.3 Sequence development

3.2.3.1 Saturation by inversion recovery

A 180◦ inversion pulse followed by a time delay TI can be preposed to an excitation

pulse, known as inversion recovery experiment, to nullify a specific tissue with a distinct

T1 relaxation time [131] if TI is set to

TI = T1 ln 2 = T1 · 0.693 (3.3)

which is the solution of the equation describing longitudinal magnetization recovery

Mz(t) = M0

[
1− 2e−t/T1

]
(3.4)

for Mz(TI) = 0 and Mz(0) = −M0, the condition that the preceding inversion pulse has

flipped the longitudinal magnetization from the +z axis to the -z axis. The inversion
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recovery experiment of free protons within tissue is rather time consuming since T1

varies from ≈ 800 ms (liver) up to ≈ 2000 ms (blood) (numbers given for 3 T [156]). To

nullify one of these components, several hundrets of milliseconds have to be reserved

for magnetization preparation which accordingly prolongs TR. Lipid bound protons

have a rather short T1 (≈ 380 ms, 3 T [155]). Therefore, signal nulling of fat is quite

popular with intermediate long inversion times, e.g. of 262 ms. The sequence timing

may be further optimized if the flip angle of the spectral selective inversion is reduced

from 180◦ to θinv. The longitudinal Mz and transverse M⊥ magnetization after the

inversion pulse is

Mz = M0 cos θinv

M⊥ = M0 sin θinv

(3.5)

which reduces the time for longitudinal recovery

Mz(t) = M0

[
1− (1− cos θinv) e

−t/T1
]

(3.6)

and shortens the time delay TI

TI = T1 ln(1− cos θinv) (3.7)

which nullifies the longitudinal component Mz(TI) = 0. To avoid interferences from

stimulated echos [131] from M⊥, additional spoiler gradients have to be applied.

The given formulas assume a total longitudinal recovery between the experiments.

Hence, repetition time has to fullfill TR� T1. Since spectral selective inversion pulses

act on the whole imaging object, multiple slices have to be acquired in a sequential

order to reach total proton relaxation for the inversion which results in a tremendously

long scan time.

For slice interleaved data acquisition, where preparation pulses have to be played in

front of the excitation of each slice, the actual repetition time for the inversion recovery

is reduced to the length of the imaging readout plus the time for inversion TI. For

a turbo spin echo experiment, the readout time corresponds to the inter echo time
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TEint multiplied with the turbo factor TF . This time period is denoted as TRO with

TRO = TEint · TF . For fixed TI, TRO, T1 and TI < TRO < T1, θinv for Mz(TI) = 0

can be calculated:

θinv = arccos

(
1− eTI/T1

1− e−TRO/T1

)
. (3.8)

A second method for spectrally selective signal nulling was used for the study: A sat-

uration of protons with arbitrary T1 times can be achieved by a spectrally selective

90◦ (saturation-) pulse followed directly by the 90◦ excitation of the spin echo exper-

iment (or fast turbo spin echo). At his approach it is assumed that both successively

played 90◦ pulses flip the net magnetization within the saturation band back to Mz,

and therefore, no transversal magnetization is produced.

3.2.3.2 Narrow bandwidth inversion pulses

The RF pulses used within this study focus on chemical shift (CS) selective excita-

tion. For CS RF selection, ∆ω is a function of the protons microscopic enviroment in

their chemical compounds, for example the difference in resonant frequency of protons

within the water molecule (H2O) to protons of the methylene groups (CH2) found

within triglycerides (blood lipid). Due to dissipative mechanisms (spin-spin relaxation

and local B0 field gradients), these resonant singlets have a certain bandwidth even

if no magnetic particles are present. Hence, manipulating protons of a certain species

requires an RF excitation pulse with a certain frequency response, most commonly a

bandpass behavior with a desired spectral bandwidth BWsat. To gain a distinct M⊥

and Mz state at a well defined frequency response is topic of RF pulse design and a

brief overview is given next.

Radiofrequency excitation - general issues The goal of excitation is to flip the

net stationary magnetization M0 into the B0 orthogonal transversal plane to get M⊥ =

Mx + iMy, or to a desired non equilibrium state of Mz. Within the following section,

the direction of the polarizing field B0 is heading into ~ez and the RF excitation is chosen

to be short in order that longitudinal as well as transversal relaxation during the time

period of excitation can be neglected.
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Assuming no initial transversal magnetization M⊥ = 0 at the start of RF excitation

and Mz = M0, the resultant transversal magnetization over time if a RF pulse with

magnitude B1 and the carrier frequency ωRF = ω0 = 2πγB0 is switched on is described

by [131, 175]

M⊥(t) = iγe−i∆ωt
t∫

0

Mz(t
′)B1(t′)ei∆ωt

′
dt′. (3.9)

The spectral response of M⊥ can be calculated as the Fourier transform of the envelope

of the RF pulse B1(t) if Mz is thought to be constant over time. This is a valid

assumption for small tip angles whereMz(t) ≈M0, but since the z component is reduced

with the sine of the actual flip angle, the spectral response of an RF pulse with angles

> 30◦ can no longer be calculated with the Fourier transform. The aforementioned

approximation is therefore called small-tip angle or linear approximation. For tip-

angles larger than 30◦, the spectral profile of a given envelope of RF excitation has to

be calculated by the Bloch equations. Expressed in vector-matrix form

d ~M

dt
= Rex ~M Rex =

 0 ∆ω 0
−∆ω 0 γB1(t)

0 −γB1(t) 0

 (3.10)

the solution is

~M(t) = eRext ~M(t = 0)

eRext = I +Rext+
1

2
R2
ext

2 + . . . .
(3.11)

and can be calculated numerically if the final pulse shape is known and the spectral

excitation profile is of interest. The opposite is called the inverse problem and is of

non-trivial nature as discussed next.

Shinnar-Le Roux selective excitation pulse design (SLR) For flip angles much

larger than 30◦ the inverse problem is much more difficult to solve. The applications

of large flip angle excitation are wide-spread and the most prominent examples are the
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slice selective excitation (90◦) and refocusing (180◦) pulses as used in spin echo or fast

spin echo techniques. One approach to calculate pulses with larger tip angles is the

Shinnar-Le Roux or SLR method [176, 177, 178] used in this study. Other techniques

that need to be mentioned are based on optimal control theory [179, 180, 181, 182] or

the inverse scattering transform [183].

The principle idea of Shinnar and Le Roux is based on the hard pulse approximation

where the RF pulse shape is discretized in a series of hard pulses (block-shaped RF pulse

with constant magnitude). This condenses the design of the RF frequency response to

well-established finite impulse response (FIR) filter design. The hard pulse sections are

chosen to be as small as the small tip angle approximation sin(θ) ≈ 0 is valid. For

the time of these hard pulse sections, the nutation into the transversal plane as well

as the rotation of the magnetization around the z-axis caused by ∆ω (free precession)

are calculated. The SLR algorithm does not require the magnetization be fixed to a

certain direction as is the case for equation 3.9 since the nutation and free precession

for each hard pulse are expressed by rotation matrices. The SLR transform states

that if a polynomial Bn(z) can be found which has a transfer function matching the

desired spectral response of the RF pulse, the corresponding excitation pulse profile

can be calculated by the inverse SLR transform. Thereby, a stepwise calculation of the

RF properties (magnitude and phase) for each discretized segment is gained through a

backward recursion of the polynomial Bn(z) defined by RF power and phase constraints.

An exact description of the SLR transform and its inverse is given in the corresponding

appendix A.1.

3.2.3.3 Sequence timing

The new pulse sequence consists of two narrow bandwidth RF pulses to suppress water

and fat followed by a turbo spin echo acquisition. A scheme of the pulse sequence

is presented in figure 3.8. On-resonant (0 ppm) components usually occupy a broad

range of T1 values, while lipid bound protons shifted by - 3.5 ppm are reported to have

a rather well defined T1 value in the range of ≈ 360 − 390 ms (De Bazelaire et al.:

382 ± 13 ms [155]; Gold et al.: 371 ± 8 ms [184], all at 3 T). Hence, for the proposed

saturation of two bands, a T1 selective approach based on equation 3.8 was used for

fat whereas for free on-resonant protons a 90◦ saturation pulse without any time delay

was implemented. The second row in figure 3.8 schematically describes the principle of
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Figure 3.8: Dual band pulse sequence diagram including radiofrequency (RF) pulses, the

longitudinal magnetization (Mz) and gradients (Gx, Gy, Gz). Preparation pulses αF and

αW null longitudinal magnetization of on-resonant water and fat components, respectively,

and leave the SPIO-induced off-resonant parts unaffected. These are consecutively imaged

by a turbo spin echo readout.
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signal nulling of unperturbed (areas far away from paramagnetic structures, e.q. cells)

free and lipid bound water components through inversion recovery and saturation re-

spectively, supported by additional spoiling gradients which eliminate phase coherence

of transverse components. Calculating θinv for fat based on the readout timing TRO

allowed for a very efficient sampling scheme reducing TI and allowed for interleaved

multi slice turbo spin echo readouts. TRO of the turbo spin echo was fixed to 150 ms

within the experiments and the turbofactor was adopted to match TF = TRO/TEint

in order to provide flexibility for the resolution-dependend inter echo spacing TEint.

3.2.4 Methods

3.2.4.1 RF pulse design

With MatPulse, a SLR RF pulse design tool based on MATLAB (Center for Imaging of

Neurodegenerative Diseases, US, SF), pulses with bandwidths ranging from BWsat = 75

Hz to BWsat = 375 Hz were created with an inband/outband ripple of 1 % / 0.1 %

and a pulse duration of Texc = 100 ms. The long pulse duration was required to

match the spectral quality constraints (inband/outband ripple) which are inherently

limited by the used time-bandwidth product Texc · BWsat [185] of the pulse. In order

to determine an effective inversion time, minimal phase pulses were designed where the

majority of magnetization is flipped at the end of the excitation period. Hence, for the

calculation of the inversion timing, the end of the saturation pulse was taken as the

point of inversion. The flip angle for fat suppression θinv = 170◦ was gained through

equation 3.8 according to the T1 relaxation time of 370 ms and the repetition time for

the partial inversion TRO = 150 ms. The fat inversion time of TI = 105 ms was mainly

determined by the time of on-resonant water saturation which was played in between

fat inversion and TSE excitation. The flip angle for water was set to 92◦ to account for

the time delay between water saturation and the excitation center caused by gradient

spoiling.

3.2.4.2 RF excitation profile measurements

The quality of the spectral saturation profile was investigated within a uniform water

phantom. The water saturation pulse and spoiler gradients were added preceding a

spin-echo readout. During RF saturation a gradient field along the readout direction
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was switched on encoding 1500 Hz over 15 cm. With the scan parameters TR =

10,000 ms, matrix = 512, TE = 10 ms and a FOV of 15 cm the spectral saturation

was determined by measuring the intensity profile in readout direction at a resultant

spectral discretization of 2.9 Hz.

3.2.4.3 NMR of the ilium

To quantify the needed linewidths for on-resonant suppression, 1H single voxel spectra

were acquired within four different regions of the iliac crest of a human pelvis in vivo.

10 averages of the 10 x 10 x 10 mm3 voxels were acquired without any preceding

suppression pulses. TR was set to 10,000 ms. The fraction between free and fat

associated signal was analyzed by the integral over a bandwidth of ±123 Hz (±1 ppm

of the water larmor frequency) at 0 Hz (free water at a chemical shift offset of 4.7 ppm)

and - 420 Hz (methylene at 1.2 ppm).

3.2.4.4 In vitro measuremets

The dual saturation TSE sequence was implemented on a 3 T clinical scanner and

the scans were performed using a human wrist coil. A freshly isolated ilium of a pig

was used for in vitro validation. After labeling endothelial progenitor cells over 24

hours within a 0.3 mg Fe/ml SPIO (Resovist) solvent, different cellular concentrations

(0/5000/10000/20000/40000) were suspended in phosphate buffered saline (PBS) and

injected into 10 µl (2 mm diameter) drill holes. A baseline for the detection limit was

determined by the signal of pure PBS and the positive contrast produced by the field-

inhomogeneities of the drill hole. The on-resonant saturation bandwidth was chosen to

be 250 Hz and 150 Hz for on-resonant water and fat respectively. Other scan parameters

were: TR = 1210 ms; TE = 11 ms; turbo factor (TF) = 14; 3 slices of thickness = 2 mm;

FOV = 108 x 108 mm2; matrix = 2562; acquisition time = 20.8 s. For a comparison

to the IRON sequence, the spectral selective pulse was interchanged by a non-spectral

selective Gaussian inversion pulse of fat, while all other sequence parameters remained

unchanged. In order to provide comparability with the cell tracking gold standard

of negative contrast GRE, a 2D GRE multi-echo acquisition was performed with the

parameters: TR = 100; TE = 4.92 ms, 12 echos with an inter-echo spacing of 7 ms,

three slices of thickness = 2 mm; FOV = 135 x 180 mm2; matrix = 154 x 256; Aquisition

time = 41.2 s.
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Figure 3.9: Measured signal attenuation gained by saturation with narrow bandwidth

SLR pulses. Within the desired RF pulse transition band of 150/250/350 Hz, background

signal is suppressed by -40 dB.

3.2.5 Results

Saturation efficacy Measurements of the spectral profiles presented in figure 3.9

gained by saturating a uniform water phantom with the implemented SLR saturation

pulses show an excellent suppression of on-resonant components and a steep transition

band between the saturated and non-saturated spectral bands.

1H spectroscopy in bone marrow 1H single voxel spectroscopy of four represen-

tative areas within a human iliac crest were acquired. The analyzed voxels show a

high amount of lipid bound protons with a mean of 68 % ±2.3. The high fat-fraction

causes an enlargement of the 0 Hz (4.7 ppm) peak, since about 10 % of fat-associated

protons are bound to methine (=CH-) with a chemical shift offset next to free water

at 5.3 ppm [186]. The resultant broadening of the on-resonant water peak is reflected

in the calculated half-width at full maximum of the 0 Hz line with 64.5 ± 3.3 ppm in

comparison to 44.5 ± 2.1 ppm (at - 420 Hz, resp. 2.1 ppm chemical shift) of fat. The

bandwidth for the on-resonant saturation pulse of water was therefore chosen to be

larger than the fat saturation bandwidth. According to the half-width measurements

given above, the ratio between fat- and water-associated protons was determined as
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Figure 3.10: 1H in vivo spectra acquired in four different regions of a human pelvis reveal

a high fraction of lipid bound protons. Protons bound to methine considerably enlarge the

water NMR peak.

1.5:1.

In vitro measurements Figure 3.11 shows a comparison of the acquired images

through gradient echo, IRON and the proposed dual band positive contrast technique.

The drawbacks of negative contrast in red marrow visible in the two images in the top

row are clearly visible. The background signal decreases dramatically with increasing

TE while it is difficult to differentiate between dark structures in bone marrow and

the negative contrast of labeled cells. An apparently better discrimination of cellular

contrast to tissue background is delivered by the new dual band approach compared to

the negative contrast of GRE. Despite a positive contrast enhancement that is already

visible with the IRON technique, more hyperintense contrast is gained with the dual

band sequence by adding additional signal from protons bound to fat.

Evaluating the mean signal around the cellular samples within a 10 x 10 pixel region

of interest (figure 3.12) consolidates the observations from the images. The sensitivity

over cell concentration is considerably higher for the two positive contrast techniqes

compared to GRE. While IRON and the novel technique show a comparable sensitivity

to iron concentration, their detection limits differ. The dual band technique already al-

lowed to encode a sample of 5000 cells with positive contrast, while IRON first exhibited
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Figure 3.11: Comparison of the cellular contrast of GRE, IRON and the proposed dual

band saturation technique within bone marrow of an isolated ilium of a pig. Central to

the ilium, five 2 mm diameter cavities have been filled with 0/5000/10,000/20,000/40,000

SPIO labeled endothelial progenitors. The negative contrast of the labeled cells gained

through standard spoiled GRE imaging become undistinguishable from the heterogeneous

marrow background at later echo times TE. The IRON sequence, which is based on a turbo

spin echo readout, delivers a homogeneous background signal throughout the ilium. Voxels

close to the cell containing drill holes gain hyperintense contrast at the IRON sequence.

In contrast to the new dual band technique, lipid bound protons are saturated and not

used for the generation of cellular contrast. Utilizing the high concentration of lipid bound

protons in marrow for positive contrast generation through the dual band technique leads

to an additional gain in cellular signal.
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Figure 3.12: Contrast quantification of GRE acquisition (negative contrast), positive

contrast IRON technique and the proposed dual band saturation sequence. The backgound

S0 for calculating the relative signal change plotted (S/S0) is determined by the 10 x

10 pixel ROI centered to the cavitiy containing PBS buffer only (red box labeled with

0). Comparable cellular contrast sensitivity (slope of relative signal change vs. cellular

concentration) is gained by the two positive contrast techniques, albeit the dual band

technique allowed to identify a lower amount of labeled cells (5000) through hyperintense

contrast.
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Figure 3.13: 1H spectra within the ilium and spectral bands saturated by IRON (left) and

the proposed dual band techniqe (right) shaded in gray. Saturation of the lipid bound pro-

tons as in IRON would discard valuable signal for positive contrast imaging in comparison

to the dual band technique.

positive contrast for a sample containing 10000 labeled cells.

3.2.6 Discussion

The implemented MR sequence depicts areas in close proximity to iron oxide-labeled

cells with bright signal, facilitating a well distinguishable positive cellular contrast. In-

stead of saturating fat as done by the IRON sequence [136], the implemented technique

additionally utilizes the high concentration of lipid bound protons in bone marrow

(figure 3.13) via two minimal phase SLR pulses, one for on-resonant water and one

for on-resonant fat. Following this approach, the detection limit is reduced to a lower

number of iron loaded cells required for detection.

However, there are issues concerning the specifity of the sequence originating from the

inherent high sensitivity of non-iron related global B0 shifts. An example is given by

the contrast of the first drill hole containing the unlabeled control in figure 3.11 which

exhibits more positive contrast than the labeled 5000 cells sample. This contrast most

likely originates from an additional global frequency shift caused by the the proxim-

ity of the border to air combined with the hole’s intrinsic susceptibility difference to

marrow. While this observation is related to the design of the phantom it manifests

B0-related problems which may occur in vivo, for example for areas next to the lungs

or for subcutaneous applications.

While the background suppression delivers satisfactory results in well shimmed regions,

the background at the border of the ilium is not completely suppressed and gives false
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positive contrast. This appears to be due to a global shift in resonant frequency, ex-

cluding some of the water/fat protons from saturation by the narrow bandwidths of

the pulses.

In summary, the aforementioned limitations of the saturation techniques are opposed

by their very short acquisition times (≈ 20 s vs. ≈ 40 s of 2D GRE) and their desirable

positive contrast in bone marrow compared to 2D gradient echo acquisitions. However,

they are not able to produce positive contrast directly at the cellular injection site and

detection limits are far above the single cell level.
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4.1 Introduction to radial MRI

The radial image readout, or projection acquisition (PA), was the core of Paul C.

Lauterburs invention [187] about the zeugmatography technique which is nowadays

known as the foundation of MRI. Radial acquisitions fill k-space with radial spokes

rather than with a rectilinear grid as known from Cartesian sampling [131]. The ac-

quired lines are Fourier transformed spin-density projections of the object in the direc-

tion of the magnetic field gradient used for readout. Despite the historical importance,

PA was quite soon replaced by Cartesian 2D and 3D Fourier imaging or spin-warp

technique by Richard R. Ernst [188]. Rectilinear or Cartesian sampling has some in-

trinsic advantages over radial acquisitions due to the mathematical simplification of

image reconstruction through the fast Fourier transform (FFT) of k-space (Richard S.

Likes [189]) and the stability to gradient imperfections. However, there are desirable

advantages of PA compared to FT imaging:

� superior stability against motional artifacts

� potential for extremely short echo times

� intrinsic averaging through oversampling of low spatial frequencies

The aforementioned aspects, highly appreciated for ultra-fast imaging techniques [190,

191] and uprising MR applications at rapidly decaying environments [192, 193, 194],

fast rectilinear regridding procedures and improvements in the accuracy of state of the

art gradient systems led to a growing interest in radial MRI over the past decade.

4.1.1 Acquisition of radial data

Radial projection acquisition gathers data along polar spokes where each spoke passes

through, or starts, at the k-space origin and traverses radially through k-space to

the outermost radius kmax = N/(2FOV ), determining the chosen FOV and desired

resolution N . For 2D PA, the direction of the readout gradient GRO in ~ex and ~ey is

changed by each TR to acquire full k-space coverage

Gx = GRO sinφn

Gy = GRO cosφn

(4.1)
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Figure 4.1: 2D k-space of radial projection acquisition.

with φn the polar angle at acquisition n

φn = n∆φ |n=0..NS−1 (4.2)

and the polar angle increment

∆φ = 2π/(NS − 1) (4.3)

where NS is the total number of radial spokes or projections and half-echo acquisition

assumed. There is no need for phase encoding since the continuous change in readout

direction with each TR

~ekn =

[
sinφn
cosφn

]
(4.4)

encodes kx and ky by the readout gradient itself as depicted in the k-space sampling

trajectory in figure 4.1. This specific feature gives rise to the popularity of radial

acquisitions for ultra-short TE imaging further described in section 4.2.

A 3D radial trajectory is designed in a simmilar manner, but in addition, GRO has to

trace projections in ~ez. The 3D spokes are equally distributed over 3D k-space, and
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solutions for chosing polar (φ) and azimuthal (θ) projection angles fullfilling equidistant

sampling on a spheres’ surface are described by Glover et al. [195] (for the acquisition

of concentric rings around ~ez) and by Wong and Roos [196] (spiral-like sampling).

4.1.2 Nyquist criterium in radial MRI and the effect of undersampling

For radial imaging, the acquisition time is determined by a desired degree of artifact-

free reconstruction and the amount of radial spokes required to accomplish the latter.

The full nyquist sampling of k-space defines the distortion-free case where no aliasing

artifacts occur. To fullfill nyquist, the distance in between the most distant k-space

points have to satisfy the criterion [131]

kmax∆φ ≤ 1

FOV
(4.5)

in 2D and

k2
max∆Ω ≤ 1

FOV 2
with ∆Ω = sin θ∆θ∆φ (4.6)

in 3D. Out of that, the needed radial spokes NSn for full nyquist sampling can be

calculated as

NSn = πN (4.7)

for 2D and

NSn = πN2 (4.8)

for 3D trajectories [131], half-echo and equal-solid-angle sampling [197]. If the number

of radial spokes NS is reduced below the nyquist limit, frequently referred to as angular

undersampling, aliasing in the form of streaks across the image occur. It is important

to keep in mind that angular undersampling does not reduce the final image resolution

as long as the extent of k-space kmax is not reduced. Compared to Cartesian sampling,

where undersampling yields shifted replicas (nyquist ghosts) of the image along the
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phase encoding direction, aliasing streaking artefacts (azimuthal aliasing) of radial MRI

are often hard to identify through visual inspection and aggravate image interpretation.

At constant angle radial MRI, the artifact-free representation of an object depends on

its spatial extent. If the ratio between its size and the FOV is not larger than the

k-space extent fullfilling the nyquist criterium in equations 4.5 and 4.6 to kmax, no

aliasing within the object will occur [198]. The artifact-free distance is calculated as

rmax = FOV · NS

NSn
. (4.9)

This certainly does not imply that objects smaller than rmax do not cause azimuthal

aliasing, but rather do the produced streaks appear at a distance of (rmax) from the

signals generating the streak. A popular application to radial undersampling is angeog-

raphy [198], where subtraction images from a time series are used to eliminate streaking

artifacts from static background, while vessel information, much smaller than the sam-

pled nyquist limit, are free from artifacts.

4.1.3 Reconstruction

With the central slice theorem, the radial projections can be reconstructed either by

filtered back-projection as described in CT literature (e.g. [199]) or through gridding

[200] to a rectilinear grid preposed to an inverse FFT (IFFT). The approach of re-

gridding allows for the reconstruction of arbitrary placed k-space points, and hence

arbitrary k-space trajectories, which makes the technique more flexible compared to

back-projection. Another difference between the techniques is their computational ef-

ficiency. The reconstruction time for a 2D PA with matrix size N , NS spokes and an

oversampling factor of 2 is NSN2w for regridding with w the gridding kernel width

(usually 2..4), compared to NSN
2 for filtered backprojection [131]. A comprehensive

comparison of the PSF and SNR of both techniques can be found in [201].

At gridding, the arbitrarily placed k-space points are mapped to an equidistant grid

through a convolution with a kernel W . Subsequently, the regridded Cartesian k-space

dataset is transformed to image space with the inverse Fourier transform. Although

for unapodized finite sampled rawdata the ideal convolution kernel would be an infi-
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nite sinc function, the best approximation through a wide extent is the Kaiser-Bessel

window [202] as discussed in [203]:

W (k) =
sin
√
π2w2k2 − β2√

π2w2k2 − β2
. (4.10)

Within the above expression, β is a free design parameter chosen to minimize aliasing

artifacts depending on the window width w. Best choices for w and β are given in

[203].

An issue inherent to radial sampling is that the density of k-space points vary over

k-space. A straightforward convolution with a kernel of constant shape over areas

with different density yields an amplification of low spatial frequencies where the ra-

dial spokes cross at k = 0, as well as a reduced magnitude of high spatial frequency

components where the spokes diverge. This results in a considerably blurred image.

However, since the sample density is known, this unwanted scaling behavior can be un-

done through wighting the rawdata with their area density preceeding the IFFT, first

described by Jackson et al. [203]. The density compensation for equidistant sampled

radial data is an unapodized linear ramp (2D) or quadratic (3D) filter:

ρ(k)2D = |k|∆φ and ρ(k)3D = |k|2∆Ω. (4.11)

Finally, the reconstructed image S(x) of arbitrary sampled k-space points S(k) via

gridding can be calculated as

S(x) = IFFT {(S(k)ρ(k)) ? W (k)} (4.12)

with ? the convolution.

4.1.4 Features of radial sampling for preclinical MRI

4.1.4.1 Background SNR and SNR of reduced acquisitions

As mentioned before, projection acquisitions gather a high sampling density in the mid

of k-space contrary to Carthesian acquisitions which fill k-space uniformly. Besides the
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magnitude enhancement which is adressed by density compensation, radial sampling

modifies the noise spatial-spectral density [197]. The crossing of radial spokes at the

k-space origin lead to a 1/|k| redundancy of 2D PA acquired samples. If each k-data

includes an uncorreleated noise term with zero mean, averaging through the gridding

function W (k) will tend to an increased image SNR of gross features encoded in the

central k-space [197]. This results in an increased SNR for large-scaled organs which is

very desirable for low-SNR preclinical MR imaging.

Fullfilling nyquist, NSn for polar sampling causes a factor of π prolonged acquisition

time compared with Cartesian sampling. Therefore, angular undersampling is often

desired, which gives rise to the question how reduced acquistions scale SNR. For the

SNR of 2D PA the following relation can be concluded [201]

SNR '
√

3TacqNNS

2σ
(4.13)

if noise is equally distributed over the ADC sampling time Tacq and consists of Gaus-

sian additive noise with a standard deviation of σ. Interpreting this formula, SNR

scales with the square root of acquired spokes and bandwidth used, e.g. enlarging

Tacq by using a higher image matrix N at the same gradient strength (enhancing the

FOV) enhances SNR. However, as discussed earlier this introduces an additional grade

of streaking artifacts since the undersampling ratio NS/NSn decreases. If full pro-

jections are acquired, azimuthal aliasing can be reduced while keeping a high SNR

(through enhancing N in parallel to a reduction in NS) by the use of a mixed gridding

and back-projection reconstruction algorithm proposed by Lauzon and Rutt [201] or,

more general and applicable to half-projections, by constrained iterative reconstruction

frameworks [204].

4.1.4.2 Image artifacts due to motion

Radial MRI has inherent advantages over Cartesian sampling with respect to inter-

and intra-shot motion. The regime of intra-shot motion defines movements of the spin

ensemble during the timeframe of excitation, encoding and readout of a single k-space

line while inter-shot motion defines movements taking place over succeeding TR’s, and

hence, through the acquisition of different k-space lines. As a consequence, both regimes
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differ in their timescales and sensitivity to different motional sources. As the inter-shot

time is usually not larger than some milliseconds, only fast moving spins such as vessel

blood flow give rise to artifacts. The inter-shot timescale spans throughout the whole

acquistion of k-space, hence the inter-shot regime is most sensitive to large bulk motion

such as respiratory or cardiac motion.

Intra-shot motion In general, the phase accrued by spins moving with a constant

velocity is determined by the 1st order moment of the gradients (the integral over time

of the product of the gradient and time) [197]. When the 1st order moment is non-

zero, unwanted motion leads to phases that can cause signal loss and image ghosting.

For sequences such as half-echo acquisitions, where the acquisition starts near or at

the centre of k-space, there is relatively little gradient-on time before passing through

the centre of k-space. Thus, the 1st order moment at this point in time is low, and

flow-induced motion is suppressed [197].

Inter-shot motion Inter-shot motion give rise to inconsistencies between different

k-space lines. While in fourier imaging this results in a dispersion of image information

along the phase encoding direction, the oversampling of low-spatial frequencies in PA

averages through inconsistencies and therefore reduces motional artifacts [197]. While

motion in projection imaging propagates in parallel to the readout direction which

changes from TR to TR, the energy of moving spins is spread out in all directions

rather than one as in phase-encoded Fourier imaging.
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4.2 3D UTE

4.2.1 Introduction

MRI of strong magnetic perturbers in the static dephasing regime causes a signal de-

gradiation of the imaging voxels as discussed in section 2.1.3.2. The trabecular bone

structure of the marrow causes additional signal degrading as described in [34]. Com-

pared to standard gradient echo based SPIO imaging, the paradigm changes to smaller

echo times in order to gain a reasonable contrast-to-noise ratio. Figure 4.2 depicts the

impact of different background scenarios on cell contrast. Figure 4.2f points out that

echo times shorter than 1 ms are required in order to detect labeled cells within tissues

with short T ∗2 . Acquiring images with echo times below 1 ms is commonly known un-

der the name of ultra-short TE (UTE) acquisition. Several technical implementations

can be found in literature, and the ones most commonly used are zero TE imaging

[205, 206], SWIFT [207] and radial ultra-short TE imaging with k-space sampling dur-

ing gradient ramp-up [208, 209, 210, 211]. A comprehensive comparison of zero TE and

SWIFT techniques can be found in [212, 213]. Clinical applications are wide spread

and are found in imaging of cartilage, tendons, lung, breast and dental MRI.

The aims of this study were:

� To implement a gradient echo based ultra-short time to echo sequence on a clinical

3T MRI.

� Compare the UTE approach to gold-standard gradient echo techniques with re-

spect to scan time and motional artifacts.

� Present an in vivo application to subcutaneously injected SPIO labeled cells.

4.2.2 Sequence development

4.2.2.1 K-space trajectory

A center-out - center-in k-space trajectory as sketched in figure 4.3 was implemented on

a 3T whole body scanner (MAGNETOM Skyra and Trio, Siemens Healthcare, Erlan-

gen, Germany). Core of the sequence is a global (hard) RF excitation without any slice

selective gradient. Therefore, after excitation, all spins are in-phase and data acquisi-

tion is started immediately. Global RF pulses excite all the magnetization accessible
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Figure 4.2: Beads of 50,000, 10,000 and 1000 SPIO loaded cells in a homogeneous agarose

gel background are imaged with a spoiled gradient echo acquisition at TE = 5 ms (a) and

TE = 10 ms (b). The control consists of 50,000 unlabeled cells. The cellular contrast

enhances for later echo formations and homogeneous (long T ∗
2 ) tissue background (c). The

shaded area in (c) presents the contrast between labeled cells and background (T ∗
2agar = 200

ms, T ∗
2cells = 5 ms). Within the heterogeneous background of bone marrow (as an example,

10,000 labeled cells in the ilium of a pig are shown), the cellular contrast vanishes with late

TEs (d,e). In order to enhance the contrast for cells in fast decaing background tissues such

as bone marrow (simulated T ∗
2marrow = 10 ms in f), echo times below 1 ms are required

(yellow line in f).
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Figure 4.3: 3D UTE pulse sequence diagram (a) and k-space trajectory (b). Direcly after

a non-selective hard pulse excitation (first row in (a)), the readout gradient is ramped up

and FID data acquisition starts (ADC in (a)). Sample points acquired at gradient ramp-up

(200-300 µs) show a higher sampling density in k-space (last row in (a)) due to a reduced

gradient strength during that period of time. The projectional direction changes from TR

to TR in order to cover k-space in a helical manner (black trace in (b)). In addition to

RF-spoiling, a gradient spoiler in x, y and z is employed to destroy residual transverse

magnetization. Following FID sampling, a second echo (late echo, LE) is generated by a

reversed gradient following the FID acquisition.
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by the transmit coil. Accordingly, spatial encoding is handled solely by the readout

gradient. To enalble 3D spatial encoding, the readout direction is changed from TR to

TR. The actual readout direction is described by polar (φ) and azimuthal (θ) angles

and a helical pathway (fig. 4.3b) which uniformly covers 3D space is given by [196]

~ekn =

sin θn · cosφn
sin θn · sinφn

cos θn

 (4.14)

with

zn =
2n− 1−NS

NS

θn = arccos zn

φn =
[
φn−1 + π/

√
NS/2 · (1− z2

n)
]

mod 2π.

(4.15)

Again, NS is the total number of half-echos acquired and n the actual acquisition

number.

4.2.2.2 Non-uniform sampling during gradient ramp-up

The free induction decay (FID) originally describes the process of free precession and

relaxation of the magnetization after excitation of the spins into the transversal plane.

In UTE imaging, the acronym is used for the acquisition directly after excitation, even

though the readout gradient is played out for image acquisition and therefore, the ’free

precession’ has already undergone a forced resonance shift corresponding to the spatial

encoding. Since the abbreviation FID is generally used in literature for pulse sequences

which acquire an image directly after excitation with k-space center-out trajectories, it

is used further on in this work.

If ADC samples are acquired with a constant dwell time, sampling of the FID during

gradient ramp-up results in a radial non-equidistant sampling of k-space. The spatial

frequencies acquired are defined by the time integral of the gradient strength

k(t) = γ

t∫
0

GRO(τ)dτ (4.16)
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with GRO = Gx + Gy + Gz. With the gradient ramp-up time tRU defined by the

slew-rate SR (in mT/m/ms) and the final readout gradient field strength G0

tRU =
G0

SR
(4.17)

the gradient function is defined as

G(t) =


SRt 0 ≤ t ≤ tRU

G0 tRU < t

(4.18)

resulting in the corresponding spatial frequencies k(t):

k(t) =


1
2γSRt

2 0 ≤ t ≤ tRU

γG0

(
t− tRU

2

)
tRU < t

. (4.19)

Hence, k-space sample spacing during ramp-up follows a quadratic behavior. To avoid

magnitude amplification at lower spatial frequencies, the a priori knowledge of the

gradient waveshape has to be included in the density compensation discussed in the

reconstruction section 4.1.3. A second observation of equation 4.19 is that in order

to sample equal image resolution ∆x = 1/kmax compared with constant gradient ac-

quisitions at G0, the sampling and gradient duration for ramp-up acquisitions have

to be prolonged by tRU/2 . Sampling with different k-space velocities has an addi-

tional impact on the apparent acquisition SNR. Pipe and Duerk [214] showed that the

noise variance for ramp-up sampling is slightly increased compared to contant gradient

sampling. However, the authors stated that because of the additional sampling time

(+tRU/2), the SNR drop is balanced by the additional acquisition time which increases

SNR.

4.2.2.3 Transmit/receive switching delay

The center-out k-space trajectory allows for an immediate data acquisition, and hence

a TE of 0. Nonetheless, since the receive coils have to be decoupled from the transmit

field during excitation, there is a switching delay between transmit and receive. The
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Figure 4.4: Half echo acquired at time to echo of 50 µs (a) and 70 µs (b). The magnitude

of the first ADC sample point at TE = 50 µs shows a signal degradiation (arrow) compared

to TE = 70 µs caused by an incomplete switching of the receive chain.
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receive coils are decoupled through PIN diodes fed through an RF-blocked (inductance

commonly > 10 µH) DC path. Hence, to deliver the PIN diodes with the needed re-

verse voltage in order to switch into receive mode, some µs pass. State of the art MRI

systems have transmit/receive dead-times of about 50 - 100 µs. An example for an

imperfect decoupled system and the data received is given in figure 4.4. A practical

value for the time delay required to acquire the first undamped sample point was about

70 µs at the wide-bore system used throughhout the presented work.

Another time delay is introduced by the used digital bandpass filter limiting the received

signal to the FOV used. For a given bandwidth, a minimum filter length is required

which leads to a signal buildup duration which depends on the filter order while data

passes through the digital filter. A more detailed insight on filter dependent receiver

delays is given in [212]. According to the technical data provided by the vendor of the

MRI machine (Siemens Healthcare, IDEA Discussion Board/Documents/Customer/07

Freiburg/Presentations/03 Radial Calibration Peter Speier), this time delay is calcu-

lated as

∆t =
1

BW · fOS
+ b (4.20)

with b = 0.8 · 10−6 s, a system type dependent time delay, BW the total image band-

width and fOS the oversampling factor (for 3D radial imaging at least 2-fold). From

this formula it follows that for most image bandwidths, the sampling dwell time 1/BW

is in general larger than ∆t. Hence discarding the first sample point turned out to be

a practical value for the system used throughhout the presented work.

4.2.2.4 Corrections for gradient imperfections

As discussed earlier, the trajectory in k-space is defined by the readout gradient field

over time (Eq. 4.16). The exact knowledge of the gradient shape, and hence k-space

position, for each ADC sample point allows for image reconstruction through regrid-

ding in the first place (Sec. 4.1.3). For a misaligned k-space trajectory, the positions

of acquired data differ from the intended ones. This results in reconstruction errors

and a blurred image representation. Most artifacts obtained with PR trajectories arise

from discrepancies in k-space center between the acquired spokes [215], e.g. through

97



4. CELL TRACKING WITH 3D RADIAL UTE

deviations between the actual and requested starting times of gradient waveforms [215],

or from variations in gradient shape due to eddy currents [216].

Full-echo radial acquisitions can be corrected for gradient delays by measuring the dif-

ference in position of the maximum peak value from the intended center of k-space

[215]. However, this cannot be performed for half-echo FID acquisitions which start

sampling at GRO = 0, and hence the first data point always yields maximum signal

independent of any gradient delay.

Another challenge for center-out trajectories is that k-space center is acquired during

gradient build-up rather than during a constant steady state of the gradient system.

Switching magnetic field gradients induce eddy currents in conducting structures such

as cryostat shields, Faraday screens and shim coils [217]. These currents will produce

magnetic fields opposed to the gradient fields, unintentionally changing the predeter-

mined gradient waveshape. For the most dominant conducting structures of an MR

system, the multiexponential behavior of eddy currents is characterized during the

construction of the system. This allows for an effective eddy current compensation by

adding an overshoot to the waveform of the pulsed gradient, the so-called preemphasis.

Since every conducting structure may lead to eddy current fields, the preemphasis can-

not be unconditionally perfect. For example, different RF-coils will introduce different

eddy current fields and even their positioning will influence eddy current behavior.

Gradient delays and eddy current related deviations of FID acquisitions can be deter-

mined either by performing separate measurements preceding the image sequence [216]

or, as presented in a recent publication by Ianni et al. [218], through iterative joint

estimation of images and k-space trajectory errors estimating trajectory errors by max-

imizing data consistency between k-space shots in regions where k-space is oversampled

- as inherently done in the k-space center by the radial trajectory.

k-space trajectory measurements To correct for gradient imperfections, an ap-

proach by Duyn et al. [216] was followed. Hereby, k-space trajectory is measured

directly through separate acquisitions presented in figure 4.5. For a given readout di-

rection ~en to be measured (where ~en are the main gradient axes in ~ex, ~ey and ~ez), a

thin slice with a known distance ∆r away from the gradient iso-center is excited by a

slice selective gradient in ~en through a 90◦ RF pulse. Subsequently, this excited spin
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Figure 4.5: Schematic of k-space measurement.

ensemble undergoes the readout gradient GROn = GRO~en from the sequence to be an-

alyzed. During that period, the ADC is switched on and the phase is measured. For

a distance ∆r much larger than the excited slice thickness, the phase angle φn has a

direct relation to the actual sampled k-space position as

φn(t) =̂ γ ·∆r
t∫

0

GROn(τ)dτ = ∆r · kn(t) (4.21)

with kn = k · ~en. Rewriting equation 4.21 yields the true k-space evolution for the

gradient encoding axis in ~en determined through the measurement:

|kn(t)| = φn(t)

∆r
. (4.22)

A second slice selective scan with all the imaging gradients switched off eliminates for

eddy current related effects from slice selection by the subtraction of both acquisitions.

Depending on the slice position ∆r and the readout gradient amplitude GRO, phase

wraps may occur but are easy to correct for as long as the slice is placed within the

imaging FOV covered by the imaging bandwidth (∆φ in between two sample points

are then always smaller than π). After determing kn(t) for the three main readout axes

(x, y, and z) it is assumed that for an abitrary spoke i with polar and azimuth angles
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φi and θi the resultant real k-space positions for the 3D k-space are given by a linear

combination of kx(t), ky(t) and kz(t):

~ki(t) =

kx(t) · sin θi · cosφi
ky(t) · sin θi · sinφi

kz(t) · cos θi

 . (4.23)

The calculated k-space positions are used in the non-uniform FFT reconstruction (sec-

tion 4.1.3) facilitating regridding at the actual true k-space trajectory. The method

described is able to correct for eddy currents and gradient amplitude inconsistencies.

Corrections for spatial gradient nonlinearities are not covered but may be included by

measurements at various ∆r [216] or single volume selective experiments.

4.2.3 Methods

4.2.3.1 In vivo cell tracking model

Cell culture and labeling Endothelial colony-forming progenitor cells (ECFCs)

were selected because studies with labeled ECFCs have shown no decrease in viability

and functionality in a wide range of iron concentrations [101, 219]. Animal serum was

replaced by human platelet lysate in all experiments [220]. Large scale propagation was

performed as demonstrated previously in an online video turorial [221]. Cryopreserva-

tion of aliquots for repeated experimental use were carried out as specified previously

[222]. Cell labeling was performed with a clinically applicable SPIO Resovist (Bayer

Vital GmbH, Leverkusen, Germany). Appropriate SPIO uptake was achieved by in-

cubating sub-confluent cells with 3 µg/ml protamine sulfate in addition to 200 µg/ml

of the SPIO for 24 hours. These concentrations were comparable to previously estab-

lished protocols [59, 67]. The iron load per cell was quantified using the susceptometric

method described by Bowen et al. [35]. The cells reached an average iron content of

48 pg/cell.

Cell implantation To demonstrate the in vivo performance of the investigated pro-

tocols, ECFCs and MSCs were mixed (ratio 4:1) and applied subcutaneously into the

flanks of an immune-deficient NSG mouse. To test the MR cell tracking performance,

it was the aim to label only a minor fraction of the applied cells. Therefore, 1.6 million

unlabeled ECFCs and 0.4 million unlabeled MSCs were mixed with 0/400/2000/10,000
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(0/1.5/7/35 labeled cells/µl) SPIO-labeled ECFCs in ice-cold extracellular matrix (Mil-

lipore) before application. The injection sites (left/right to the lungs with 0/35 labeled

cells/µl and left/right to the pelvis with 1.5/7 labeled cells/µl) were chosen in order

to show the impact of respiratory motion on the used sequences. Anesthesia during

imaging was achieved with Isofluorane (1.4% in 100% Oxygen, flow 1.8 l/min). Animal

experiments were approved by the Animal Care and Use Committee at the Veteri-

nary University of Vienna on behalf of the Austrian Ministry of Science and Research

according to the Guide for the Care and Use of Laboratory Animals.

4.2.3.2 In vivo imaging

The aim was to study in vivo cell visualization capabilities of the 3D radial UTE se-

quence based on the mouse model described before. The laboratory animal was succes-

sively imaged by the cell tracking gold-standard sequences 2D and 3D spoiled gradient

echo followed by the implemented 3D UTE sequence. The scans were performed on

a 3T clinical scanner with a dedicated whole body coil for mice. The acquisitions

shared the same in-plane resolution of (160 µm)2 and the number of slices was chosen

in a way that all 3 sequences covered the same imaging volume. The 3D radial scan

was performed with an undersampling ratio of 0.64. The measurement parameters are

summarized in table 4.1. Imaging was performed 14 days after cellular implantation.

Table 4.1: Measurement parameters for the UTE in vivo experiment. α = flip angle;

NEX = number of excitations (averages).

TR TE α slice matrix FOV NEX time

thk.

(ms) (ms) (◦) (mm) (mm) (min:sec)

2D GRE 18.0 7.4 15 1.5 320x240x32 50x38 4 9:12

3D GRE 19.0 7.9 15 0.3 2562x160 41x41 3 38:54

3D UTE 20.0 0.1/5.0 12 0.16 3203 50x50 1 43:41

4.2.4 Results

Figure 4.6 presents in vivo images acquired with 2D GRE, 3D GRE and 3D UTE, in the

left, middle, right column respectively. The rows from top to bottom show injection sites
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Figure 4.6: Panels compare 2D and 3D gradient echo acquisitions (1st and 2nd column)

with the 3D UTE sequence (3rd column). Representative slices from the three injection

sites (1st row: 10000 cells, 2nd row: 2000 cells and 3rd row: 400 cells) are shown. The

yellow arrows point at the negative contrast produced by the cells. 3D GRE suffers from

severe image artifacts in regions with respiratory motion, whereas the 2D GRE delivers

quite reasonable images in all 3 cases. Nonetheless, 2D GRE with a 10-fold larger slice

thickness compared to the 3D UTE sequence will fail to detect single labeled cells. A very

unique feature of the UTE sequence is the applicability in tissues such as bone marrow (see

boney structures of the pelvis in 2nd row) as well as in areas closed to air/tissue boundaries

(1st row).
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of 10,000 cells (close to liver), 2000 cells (near pelvis) and 400 cells (next to the lungs).

To guide the eye, a yellow arrow labels the cellular negative contrast. 3D GRE suffers

from severe image-artifacts in regions of respiratory motion, whereas the 2D acquisition,

although not artifact free, keeps motional artifacts to an acceptable range at the three

injection sites. As visible in the middle row, only the UTE sequence generates bright

background signal within the pelvis. In addition, no motional artifacts - even in regions

next to the lung parenchyma - are visible in the UTE images. Air/tissue boundaries are

responsible for background signal degradiation within the 2D GRE acquisition (directly

at the injection site of the 10,000 cells, first row) which is absent in the UTE images.

4.2.5 Discussion

The presented images show that the ultra-short time to echo formation in conjuntion

with 3D radial sampling is able to reduce almost all destructive motion artifacts known

from Cartesian sampling. Nevertheless, UTE imaging has to deal with a reduced cellu-

lar CNR in bright homogeneous background tissue (see fig. 4.2c) compared to the >5

ms TE of the gradient echoes. The reduced contrast, dictated by the available phase

dispersion at 100 µs TE, is opposed to the general benefit of the intrinsic isotropic res-

olution of the 3D UTE acquisition. The high image resolution of (160 µm)3 enhances

the contrast to small perturbers of 10 - 100 µm in scale especially if the labeled cells are

sparsely distributed where the constrast of a single cell has to be detected. 2D scan-

ning techniques with manyfold larger voxel volumes have a reduced total voxel phase

dispersion, and hence contrast, if a single compact perturber is present. Additionally,

in the particular case of a single labeled cell, an absolutely artifact free homogeneous

background signal is required. This prerequisite is especially not satisfied by 3D GRE

acquisition due to the unavoidable respiratory motion of the laboratory animal and

the artifacts which come along. 2D GRE techniques, although more suitable when the

subject under investigation is in motion, are prone to signal degradiations caused by

B0 inhomogeneities due to through-slice phase dispersions. As a result of the isotropic

resolution of 3D UTE, and thus minimal global B0 variations within an image voxel,

and the ultra-short echo time of 100 µs presented, UTE imaging is insensitive to global

B0 inhomogeneities. All in all, the artifact free background representation of UTE is

beats the loss in cellular CNR.

However, high resolution 3D radial scanning is far more time consuming. While 3D near
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isotropic Carthesian imaging has at least the same claims on scanning time, motional

artifacts become even more severe because of the additional phase encoding direction

compared to Cartesian 2D acquisitions.

In summary, the success of a cell tracking study based on gradient echo based imaging

depends on the following aspects: the local concentration of iron oxides, the homo-

geneity of the background signal where the cells should be detected and the motion

closed to the region of interest (e.g. respiration). For all three acquisition strategies

presented, only the UTE sequence offers an artifact free image with bright homoge-

neous background signal in all tissues, even in bone marrow. Therefore, UTE imaging

seems to be a powerful tool for stem cell imaging and may for the first time enable the

detection of iron oxide nanoparticle labeled stem cells in bone marrow.
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COHERENT STEADY STATE

5.1 bSSFP imaging with half-echo acquisition

5.1.1 Introduction

The inherent advantages of the fully balanced state concerning the high SNR due to the

preservation of transversal magnetization (section 2.3.2) is highly appreciated for high

resolution MR imaging. However, the complex T2/T1 contrast and the sensitivity to

global off-resonances manifested in the TR dependent banding artifacts are the reason

why bSSFP acquisitions are more popular in large FOV (hence short TR), fast cardiac

MRI studies [223, 224, 225]. The large gradient moments required for encoding high

resolution images prolonge TR significantly, and hence, the applicability of bSSFP for

high resolution applications depends on the possible reduction in TR.

Compared to Carthesian trajectories, time for phase encoding can be omitted in radial

bSSFP acquisitions (section 4.1.1). If 3D radial projections are acquired, no slice selec-

tion gradient has to be played out and very short non-selective RF excitation can be

employed [226] - both together significantly reduce TR.

Within this study, an acquisition technique is proposed which further reduces TR by

employing 3D radial sampling with two half-echoes. The balanced steady state con-

trast of the proposed two echoes is investigated and an in vivo application of fast,

high-resolution MR imaging on clinical hardware is presented.

Major aims of the study were:

� To investigate tissue contrast of half-echoes acquired directly after and before

excitation and compare their image contrast to centered-echo bSSFP.

� To show that the SNR per unit measurement time of the new technique is im-

proved compared to standard bSSFP acquisitions.

� To present an in vivo application to analyze

– the gain in banding artifact reduction through TR reduction.

– cell tracking performance at subcutaneously implanted SPIO labeled cells.

5.1.2 Theory

Common bSSFP acquistions use a centered full-echo, gained in the middle of the TR

interval. The full-echo sampling requires a k-space trajectory starting at −kmax evolv-

ing to +kmax. Considering the phase coherence required to reach the balanced steady
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Figure 5.1: Sequence schemes of centered echo bSSFP (a) and bUTE (b) and their

sensitivities to global off-resonances (c,d). bUTE imaging reduces TR almost to one half

which considerably increases the artifact free passband in the frequency range of ±2/TR.

state (section 2.3.2) this implies that pre- and post-phasing gradients with a gradient

moment |MG| = GRO · Tacq/2, with GRO the readout gradient amplitude and Tacq the

sampling duration of the full-echo, have to encompass the image readout. Radial half-

echo acquisitions start sampling at the k-space center (section 4.2.2.2), and therefore,

do not require any pre-phasing gradients. In the purely hypothetical case of instanta-

neously switching the readout gradient, half-echoes would therefore be able to reduce

TR to one half compared to 3D radial centered echo acquisitions with pre-phasers. The

acquisition scheme of centered 3D radial bSSFP (fig. 5.1a) and the proposed technique

(fig. 5.1b), both sequences scetched at the same timescale, examplifies the reduction in

TR through two half-echos. Because of similarity to the UTE acquisition scheme, the

proposed acquisition was named balanced UTE (bUTE).

Figure 5.1c and 5.1d highlight the benefit in off-resonant signal behavior of the proposed

bUTE approach. The bSSFP signal for spins with frequency offsets ∆f is presented

for full-echo and bUTE sampling, respectively. While both trajectories encode the

same field of view at equal imaging bandwidth, the sensitivity to resonance offsets (ar-

tifact free imaging in the range BW = [-2/TR..+2/TR]) is reduced for the proposed

trajectory in fig. 5.1b. Based on the coherent magnetization gained in bSSFP, the

same signal amplitude is acquired independently of TR [223]. Therefore, an increased
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SNR per unit time is expected if TR is reduced as proposed with the presented trajec-

tory. Current bSSFP trajectories are limited to an echo generation at TR/2 because

of balancing all gradient moments within TR in addition to the requirement of short-

est TR. As a result, literature and signal models for acquisitions outside TR are very

limited. While B0 induced T ∗2 weighting at echoes acquired apart from TR center was

reported by Scheffler and Henning [132], there are no in vitro and in vivo studies inves-

tigating bSSFP contrast outside TR/2. Therefore, and in order to fully benefit from

the expected improvements of the technique, the constrast of the two half-echos was

investigated and compared to echo centered bSSFP.

5.1.3 Methods

5.1.3.1 Pulse sequence and reconstruction

For the 3D bUTE sequence, a 3D radial UTE scheme was adapted as sketched in figure

5.1b. Omitting RF-spoiling and the gradient spoiler at the end of TR produces a

coherent steady state (section 2.3.2). By flipping the RF phase by 180◦ at each TR

interval, the magnetization profile for off-resonances as presented in fig. 5.1d is gained.

Acquiring a second dataset with constant RF phase allowed for almost banding artifact

free images by combining both acquisitions through a weighted combination [227]. Half

echoes are acquired during gradient switching with non-equidistant k-space sampling

(section 4.2.2.2). Within one TR period, two signals (TE1 at TR start, and TE2

at the end of TR) are sampled. These signals can either be used for two different

images, or can be combined by sum-of-squares SSOS =
√
STE1

2 + STE2
2 for improved

SNR. The excitation consists of a hard pulse of 0.1 ms duration. Reconstruction was

performed with a conventional re-gridding procedure using a Kaiser-Bessel filter and

density compensation (see section 4.13).

5.1.3.2 Contrast phantom preparation

In order to investigate soft tissue contrast, a phantom mimicking 6 different tissue

types (kidney, liver, spinal cord, skeleton muscle, white matter and gray matter) and

blood was established first. Gd-DTPA (Magnevist, Bayer Vital GmbH, Leverkusen,

Germany) and a SPIO contrast agent (Resovist, Bayer Vital GmbH, Leverkusen, Ger-

many) were mixed with agarose to get desired T2/T1 times within plastic tubes of 10
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mm in diameter. Table 5.1 summarizes the used contrast agent concentrations and

compares the gained T1 and T2 values with literature [156].

5.1.3.3 Relaxometry

Phantom T1 was measured employing an Inversion-Recovery-Fast-Spin-Echo (IR-FSE)

with 6 different inversion times (50, 100, 200, 400, 800, 1600, 3200 ms) at a temperature

of 23.2◦, a turbo-factor of 3, TR = 5000 ms, FOV = 90 x 73 mm, matrix = 192 x 156

and a single 5 mm thick slice. Phantom T2 relaxometry measurements were realized

with a 2D Carr-Purcell-Meiboom-Gill (CPMG) sequence with an echo-spacing of 11.1

ms and 24 echos, TR = 5000 ms, FOV = 90 x 73 mm, matrix = 192 x 156 and a

single 5 mm slice. A circular polarized wrist-coil of approx. 7 cm in inner diameter

was used for all measurements carried out at a 3 Tesla clinical MRI (MAGNETOM

Trio, Siemens, Erlangen, Germany). Transverse and longitudinal relaxation times were

calculated using a self-written program (IDL, Exelis Inc., CO, USA). T2 was determined

with a linear fit of the logarithmized signal intensity over echo time (for all used TEs

the SNR was > 5), whereas the first echo was discarded. T1 was calculated using a

3-parameter fit of the IR-FSE dataset [153].

Table 5.1: Radial half-echo bSSFP tissue phantom properties. Relaxation times were

measured at 3 T.

Resovist Gd-DTPA agar T1 T2 T2/T1

(mM) (mM) (%) (ms) (ms)

Study Lit.[156] Study Lit. Study

kidney 0.09 0.06 1 987 1194 48 56 0.049

liver 0.17 0.15 0.5 561 812 32 42 0.057

gray m. 0.057 0 0.5 1688 1820 76 99 0.045

spinal 0.01 0.15 2 920 993 69 78 0.075

muscle 0.07 0.03 2 1353 1412 49 50 0.036

white m. 0.025 0.12 2 991 1084 65 69 0.066

blood 0 0.02 0.5 2761 1932 272 275 0.099

109



5. CELL TRACKING WITH 3D RADIAL UTE TRAJECTORIES IN
COHERENT STEADY STATE

5.1.3.4 Phantom measuremts

Images were acquired with the new 3D half-echo bSSFP sequence (bUTE) and, for

comparison, with a conventional echo-centered 3D radial bSSFP acquisition (c-bSSFP)

on the tissue phantom described above. The measurement parameters are summarized

in table 5.2. The same imaging setup as used for the relaxometry measurements given

above was employed. The individual sample SNR values were calculated for the centered

bSSFP, the two echoes TE1 and TE2 gained through bUTE acquisition as well as the

combined sum-of-squares image (bUTE average) of TE1 and TE2. To compare tissue

image contrast, the sample SNR values were compared to blood and a contrast ratio

CR = (SNRblood − SNRtissue)/SNRblood was calculated. In order to quantitatively

compare the SNR gain of the new technique with standard radial bSSFP, a scan time

(Taq) normalized SNR gain value was calculated by multiplying the bUTE SNR gain

with
√
Taq bSSFP /Taq bUTE .

Table 5.2: Measurement parameters for the bUTE phantom experiment. α = flip angle;

Ns = number of spokes; m = image matrix; PC = number of phase cycles.

TR TE α Ns m FOV PC time

(ms) (ms) (◦) (mm) (min:sec)

c-bSSFP 6.3 3.1 40 1922·1.5 1923 80 2 5:42

bUTE 4.1 0.1/3.8 40 1922·1.5 1923 80 2 6:24

5.1.3.5 In vivo imaging

To assess the general imaging performance of the bUTE sequence in vivo, images of

a wild-type mouse at a resolution of (200 µm)3 were acquired with the centered-echo

bSSFP, gradient echo based UTE and the bUTE sampling scheme for comparison. The

measurement parameters of those scans labeled as ’lr’ are summarized in table 5.3. For

those scans, two 18 mm surface coils (Rapid Biomedical, Rimpar, Germany) were used

with the animals’ knees placed in the center of the coils.

To assess the cell tracking performance, 3D scans of high resolution (voxel size (160

µm)3) with standard UTE contrast and bUTE were acquired (measurement parameters

of these scans labeled as ’hr’ are summarized in table 5.3) and compared to the cell
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tracking gold standard of 2D GRE. The 2D GRE scan was performed with the following

measurement parameters: TR = 18 ms; TE = 7.4 ms; α = 15◦; matrix = 3202; slice

thickness = 1.5 mm; slices = 32; FOV = 80 mm; 4 averages; scan time = 9:01 min:sec.

The images of the two acquired bUTE echoes were combined by sum-of-squares. A ded-

icated body coil for mice with an inner diameter of 35 mm (Rapid Biomedical, Rimpar,

Germany) was used. The labeling protocol, ectopic subcutaneous injection protocol

and animal handling were the same as described in section 4.2.3.1. The subcutaneous

injection sites of labeled cells with cellular concentrations of the labeled entities of 7

and 35 cells/µl were selected to present in vivo cell tracking performance.

For all animal scans, anesthesia during imaging was achieved with Isofluorane (1.4% in

100% Oxygen, flow 1.8 l/min). The animal experiments were approved by the Animal

Care and Use Committee at the Veterinary University of Vienna on behalf of the Aus-

trian Ministry of Science and Research according to the Guide for the Care and Use of

Laboratory Animals.

Table 5.3: Measurement parameters for the bUTE in vivo experiment. α = flip angle;

Ns = number of spokes; m = image matrix; PC = number of phase cycles.

TR TE α Ns m FOV PC time

(ms) (ms) (◦) (mm) (min:sec)

UTE lr 14.0 0.1 10 1922·1.28 1923 38 - 11:01

c-bSSFP lr 8.6 4.2 20 1922·1.28 1923 38 2 6:46

bUTE lr 4.4 0.1/4.1 20 1922·1.28 1923 38 2 6:58

UTE hr 25.0 0.1 12 3202 3203 50 - 42:40

bUTE hr 5.8 0.1/5.6 20 3202 3203 50 2 19:48

5.1.4 Results

5.1.4.1 Phantom measuremts

In figure 5.2, images acquired from the tissue phantom are presented. The first (TE1)

and second (TE2) echo shown in the first row are merged via sum-of-squares to an

averaged image presented in figure 5.2c. The dual-echo half-echo acquisition in the

coherent steady state shows similar contrast to blood than the bSSFP acquisition with
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Figure 5.2: Phantom measurements comparing bUTE with echo-centered bSSFP tissue

contrast. Six different tissues and blood (labeled in (a)) were mimicked through Gd-DTPA

and a SPIO solvent mixed to agarose gel in order to reach tissue like T2/T1 properties. a:

bUTE contrast of first echo at TE1 = 100 µs. b: bUTE contrast of second echo at TE2

= 3.8 ms. c: SOS combination of bUTE first and second echo. d: bSSFP contrast with

centered echo. The combined bUTE image shows an almost identical tissue image contrast

compared to the echo-centered bSSFP acquisition while the reduced TR of bUTE (4.1

ms compared to 6.3 ms of c-bSSFP) promises a considerable reduction in global banding

artifacts for in vivo applications.

an centered echo (fig. 5.2d). These acquisitions were further analyzed in terms of tissue

SNR presented in table 5.4.

Given these numbers, the contrast between tissue and blood signal was validated by

the quantitative analysis presented in figure 5.3. Since blood has the highest signal

intensity, a low number in CR means an enhanced relative signal difference, hence in

contrast to blood.

While the first echo at TE1 = 100 µs offers a reduced tissue-to-blood contrast, the

late echo at TE2 = 3.8 ms yields an enhanced contrast value for all tissues investi-

gated. According to the bSSFP signal equation (eq. 2.36) it is a valid assumption that

the tissue signal undergoes a T2 dependent signal attenuation at later echo positions.
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Figure 5.3: Contrast ratios CR = (SNRblood−SNRtissue)/SNRblood of the mimicked six

different tissue types to blood. The combination of the two echoes of the bUTE technique

gained comparable tissue to blood contrast than the echo-centered bSSFP acquisition (red

cross).

Table 5.4: SNR measurements comparing bUTE to echo-centered bSSFP (c-bSSFP).

SNR SNR SNR SNR SNR gain

c-bSSFP bUTE TE1 bUTE TE2 bUTE avg. Taq normalized

(a.u.) (a.u.) (a.u.) (a.u.) (%)

kidney 36.48 40.37 28.42 49.83 21.6

liver 40.97 46.02 31.20 56.17 22.1

gray m. 34.00 36.66 27.13 46.02 20.6

spinal 56.08 59.98 45.43 75.83 20.4

muscle 30.09 31.86 22.51 39.41 16.6

white m. 51.11 54.63 40.06 68.31 19.0

blood 81.07 86.47 68.27 110.89 21.8

113



5. CELL TRACKING WITH 3D RADIAL UTE TRAJECTORIES IN
COHERENT STEADY STATE

Taking into account that blood has a very long T2 decay, the difference in TE1 and

TE2 contrasts is dominated by the tissues’ T2 values. If the two echoes are averaged

by sum-of-squares combination, a contrast very similar to the echo-centered bSSFP

(labeled with red crosses) is reached, depicted by the match with the black squares

in figure 5.3. The SNR numbers presented in table 5.4 were normalized to the actual

acquisition time in order to conduct a fair comparison between the bUTE (Taq = 5:42

min) and centered bSSFP (Taq = 6:24 min) acquisitions. As summarized in table 5.4,

a remarkable gain in SNR was achieved with the proposed bUTE average approach.

5.1.4.2 In vivo imaging

Gradient echo based UTE, centered echo bSSFP and TE1/TE2 merged bUTE images

acquired from the hindlegs of a wildtype mouse are compared in figure 5.4. Tissue

contrast changes significantly between non-coherent, spoiled (UTE) and the coherent

steady state (bUTE). While standard UTE produces almost isointense background sig-

nal throughout the covered field of view, the two balanced techniques deliver bright

tissue signal from water and lipid congregations. This is exceptionally well demon-

strated at the left lower leg of the mouse showing an edema. The balanced UTE image

with a significant shorter TR (4.44 vs. 8.62 ms) shows less residual artifacts originat-

ing from global off-resonant bands (see fig. 2.5 and fig. 5.1). While both balanced

sequences provide an apparently better image SNR within most tissues, the compari-

son to UTE illustrates that coherent acquisitions will have a reduced applicability for

sensing cells in bone marrow. bUTE deliveres more intense marrow signal (e.q. well

represented in the right femural marrow) than echo centered bSSFP but most signal,

almost equal to muscle, is produced by the UTE sequence.

In vivo images of subcutaneously injected SPIO labeled stem cells are shown in figure

5.5. While the 2D gradient echo has the shortest acquisition time among the compared

sequences (2D GRE: 9 min.; 3D bUTE: 20 min.; 3D UTE: 42 min.), the 3D scans

deliver a 9-fold finer slice resolution. At a cellular concentration of 7 cells/µl, the 2D

GRE with a 1.5 mm thick slice fails to detect the majority of labeled specimen. At

ultra-short TE, sparsely (7 cells/µl) distributed cells do not gain enough contrast to

backround in order to be identified. However, the dark contrast at the injection site for

a 5-fold higher cellular dosage (fig. 5.5 bottom) indicates that if individual cells begin
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Figure 5.4: In vivo comparison of 3D UTE, echo-centered bSSFP and bUTE. The change

in tissue image contrast between spoiled UTE and the coherent steady state is best visible

at the edema on the left hindleg of the mouse. Compared to the echo-centered bSSFP, the

short TR of the bUTE technique considerably reduces banding artefacts associated with

global off-resonances.

to build clusters, they become detectable by UTE imaging.

5.1.5 Discussion

The bUTE approach seems to be a well-suited candidate for balanced high resolution

imaging. The more efficient sampling of the steady state magnetization leads to a SNR

gain (about 20 % within this study), and the short TR reduces macroscopic banding

artifacts. The reduction in TR of bUTE is even more pronounced at higher resolutions

compared to the conventional echo centered implementation.

Analysis of the signal behavior within a phantom of representative tissue relaxation

rates shows that bUTE contrast is comparable to standard echo-centered bSSFP. This

facilitates an easy in vivo contrast interpretation for radiologists familiar with bSSFP.

bUTE acquisitions have a high sensitivity to the microscopic magnetic field perturba-

tions of iron loaded cells, resulting in a negative cellular contrast representation. This

is not suprising since the phase reversals of bands in the microscopic environment of

the cells, responsible for most of the voxel signal degradation in bSSFP [110], are inde-

pendent of the echo position within TR.

For tissues with a high T2/T1 ratio, it is obvious that bUTE is much better suited for

cell tracking because of the amplified background SNR. However, if T2/T1 declines (as

for example in bone marrow), the bright background of UTE may facilitate a better
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Figure 5.5: In vivo comparison of 2D GRE, 3D UTE and 3D bUTE. Subcutaneous

injection sites of SPIO labeled progenitor cells at concentrations of 7 cells/µl (top two

rows) and 35 cells/µl (bottom two rows) are presented. Magnified views on the cell depots

are given in the 2nd and 4th row. Even though a very high in-plane resolution of 160 µm

is achieved by the 2D GRE sequence, the large slice thickness hinders cellular depiction if

the cells get more sparsely distributed (e.g. at the injection site of 7 cells/µl). The UTE

sequence with a more than 4-fold prolounged acquisition time (43 min. compared to 9

min. for 2D GRE) shows sparsely distributed signal voids (yellow arrows) - originating

from the SPIO-loaded cells. The 3D bUTE images presented on the right give best cellular

contrast compared to the presented acquisition techniques for both, low and high cellular

concentrations, at an acceptable scanning time of 20 minutes.
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cellular distinction.

In summary, for the cell tracking model presented, the balanced UTE sequence gives

best cell tracking performance. The bUTE images deliver a very detailed visualization

for single cell depositions at 7 cells/µl as well as at higher cellular concentrations of 35

cells/µl.
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5.2 Single cell detection using off-resonant reconstructions

of 3D center-out bSSFP 1

5.2.1 Introduction

In the presented study, an acquisition and reconstruction technique is introduced that

allows the detection of labeled cells at their initial voxel position with positive contrast.

It is based on a bSSFP acquisition and the interaction of the imaging point-spread

function (PSF) of center-out 3D radial acquisitions to off-resonant spins as previously

reported [228]. Key of the technique is that displaced magnetization can be, in part,

spatially refocused by an off-resonant frequency introduced before reconstruction. This

results in signal amplification at the initial position of an iron oxide loaded cell. The

refocusing of off-resonant spins has recently been published as co-RASOR approach

[170, 229] for the spatially accurate visualization of macroscopic paramagnetic objects

like brachytherapy seeds and biopsy needles. In the presented work, this principle was

applied and investigated for much smaller structures at the mesoscopic scale, such as

SPIO labeled cells. To maximize SNR for high resolution single cell detection, the

co-RASOR principle was fused with a bSSFP acquisition for signal generation.

Major aims of the study were:

� To investigate the underlying mechanisms by numerical simulations of intra-voxel

inhomogeneities produced by paramagnetically labeled cells.

� To determine the sensitivity of the technique to the iron load of cells.

� To investigate the impact of the acquisition parameters of imaging bandwidth

and voxel size on the resulting contrast.

� To validate the detection sensitivity with measurements of sparsely distributed

cells in agarose-phantoms.

� To give a proof of principle in vivo.

5.2.2 Theory

Considering a single spherically shaped cell with a paramagnetic load producing a

magnetic susceptibility shift relative to the surrounding media, the produced magnetic

1This chapter is based on the publication Positive contrast of SPIO-labeled cells by off-resonant

reconstruction of 3D radial half-echo bSSFP, NMR in Biomedicine (2014) [22]
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Figure 5.6: a: Field offset ∆f surrounding a cell loaded with 10 pg Fe. The red box

marks an isotropic 200 µm voxel. b: Steady state signal response (magnitude) to the

off-resonances introduced by the magnetic perturber. c: The bSSFP magnetization of

(b) undergoes a spatial shifting due to the radial readout trajectory and the underlying

frequency offset (exemplified for a readout bandwidth of 200 Hz/pixel). As a result, a

magnitude aggregation in a certain distance to the cell is produced. d Adding a global

B0-offset (e.q. ∆B0add = 100 Hz) to the bSSFP data prior to the 3D radial reconstruction,

the hyperintense areas visible in (c) are shifted to the center of the voxel resulting in a

voxel with positive contrast to the background.

field disturbance and, hence, frequency offset outside the cell can be written as [35]

∆frθ =
γ

4π

KFemc

r3

(
3 cos2 θ − 1

)
(5.1)

where γ is the gyromagnetic ratio (MHz/T), KFe = 1.34·10−19T/(pg/m3) a calibration

coefficient between iron load and effective magnetization [35], mc the mass of iron load

of a single labeled cell in pg, θ the polar angle relative to the direction of the main

magnetic field B0, and r the radius from the center of the cell (m). According to this

formula, the majority of spins close to a magnetic perturber have a distinct frequency

offset with respect to the main magnetic field. They experience an image displacement

into the direction of the readout gradient [131]:

∆xRO =
∆f ·N
BW

eRO. (5.2)

In the above expression, ∆xRO is the image displacement in pixels of transversal magne-

tization with resonant offset ∆f (Hz), N the imaging resolution, BW the total imaging

bandwidth (Hz), and eRO the unity vector heading towards the direction of the readout

gradient. For standard Cartesian sampling, the readout direction eRO does not change
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with the acquired k-space line and therefore, broadening of the final image contrast into

the readout direction is observed. For 3D radial trajectories, as employed within this

study, the displacement can be described by a point-spread function for off-resonant

spins which accounts for the different readout directions used for spherical k-space sam-

pling. If M(r) is the transversal magnetization of an imaging experiment at a radial

distance r from a field perturbing object and ∆f(r) the local frequency offset at that

point, the acquired shifted magnetization M∆f is calculated as

M∆f = M(r) ? PSF∆f(r) (5.3)

where PSF∆f(r) is the off-resonant point-spread function depending on the sampling

strategy and local field-offset ∆f(r) in Hz, and ? is the convolution. If a 3D radial

center-out trajectory is employed, PSF∆f(r) is a spherical shell with radius rPSF =

∆f(r)/BW/N in pixel units.

Figure 5.6 depicts the displacement of cellular contrast acquired with a 3D radial half-

echo sampling trajectory. The field disturbance produced by a 10 pg Fe loaded cell

is presented in figure 5.6a. Figure 5.6b shows the influence of the frequency offset on

the transversal steady state magnetization following a fully balanced SSFP experiment.

For a 3D radial half-echo acquisition, the acquired magnetization in figure 5.6c is the

result of the convolution of the steady state magnetization (fig. 5.6b) with the off-

resonant PSFs for the corresponding field-offsets. The radius of the PSFs depends on

the local frequency offset, and as a result, the apparent displacement of the magneti-

zation increases with decreasing radius to the cell. This finally leads to a signal loss at

the center surrounded by a signal accumulation at a distinct distance to the perturber

(hyperintense contour in figure 5.6c).

To gain localized positive contrast at the position of the cell, this almost spherical

hyperintensity has to be shifted back to the central point. For a perfectly spherical

signal displacement, the signal recovery at the center can be realized with a single

de-convolution of a spherically shaped kernel. If a 3D radial half-echo trajectory is em-

ployed such a global convolution is equivalent to the acquisition of the magnetization

under a global field-offset ∆B0add. As discussed by Seevinck et al. [170], this global

field-offset can be introduced as a reconstruction step prior to the non-uniform FFT.

120



5.2 Single cell detection using off-resonant reconstructions of 3D
center-out bSSFP

This is done by modulating the acquired raw data lines with a frequency offset ∆B0add

(in Hz)

s′k = sk · ej2π∆B0addτk (5.4)

where sk is the sampled raw data at k-space position k and τk the time elapsed from

sampling k-space center to the k-space position k.

Applying an additional frequency offset ∆B0add = 100 Hz yields the localized cellular

positive contrast shown in figure 5.6d with a hyperintense signal for the central, cell

containing voxel.

5.2.3 Methods

Simulations The bSSFP signal response M(r)was simulated within a discretized

imaging volume as described by Lebel et al. [110]. A 201 x 201 x 201 grid was

employed covering a volume of interest of 1600 x 1600 x 1600 µm3. Except for the

off-centered simulations in figure 5.15, a spherical perturber of radius 7 µm was placed

on the central grid position and its field map corresponding to equation 5.1 was calcu-

lated. Outside the cell, the transversal magnetization vector for each grid position was

evaluated with Eq. 2, 3, 4 and 5 in [132]. For the experiments with additional ∆B0add,

the local field-offset was changed according to ∆f ′r = ∆fr + ∆B0add. The point-spread

functions for off-resonant spins PSF∆f were defined as spherical shells with radii of

rPSF = ∆f/BW/N . In order to match the PSFs shell position to the discrete simula-

tion grid with a spatial resoltuion of ∆n = 8 µm, the exact local field-offsets ∆f ′(r) were

discretized to BW/N ·∆n/∆x increments with ∆x as the voxel size. For all sub-voxels

with the same field-offsets ∆f , the 3D-convolution with PSFδf was performed while

sub-voxels with ∆f ′(r) 6= ∆f were set to zero. This was repeated for all present field-

offsets and the convolution results were subsequently added to get the total off-resonant

signal response. The final voxel contrast was calculated by convolving all sub-voxels

with the idealized image-space point-spread function which is the 3D Fourier transform

of the acquired k-space sphere [230]. Isotropic image resolutions of 200/300/400 µm

were investigated containing 253/373/503 sub-voxels. The repetition times of TR = 5,

7.5 and 10 ms and imaging bandwidths of BW/N = 100, 200 and 300 Hz/pixel were
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chosen in order to address the technical limitations assuming a clinical gradient system

at resolutions mentioned above. Background T1/T2 was set to a representative value for

different parenchyms of 1200/80 ms [155, 156]. Excitation flip-angles were kept at the

SNR optimum for the background signal [131]. Unless otherwise specified, a voxel size

of 200 m, TR = 7.5 ms and a bandwidth of 200 Hz/pixel were used for all simulations.

Half echo 3D bSSFP sequence and reconstruction The bUTE sequence scheme

as discussed in section 5.1 and sketched in figure 5.1b was used for data acquisition.

Prior to reconstruction, each raw data line was modulated with the desired off-resonant

frequency ∆B0add as given in equation 5.4. Since the aim was to find ∆B0add which

produces the best signal recovery, the reconstruction of the 3D radial datasets was

performed for a range of field-offsets. The spectral range was adjusted according to the

iron load of the cells under investigation and the imaging bandwidth. A fast parallel

3D regridding algorithm [231] using a Kaiser-Bessel kernel [232, 233] was implemented

employing the parallel computing capabilities of a graphics processing unit (GPU) using

Compute Unified Device Architecture (CUDA). The used implementation was inspired

by a threaded multicore CPU implementation [234]: The 3D k-space grid was divided

into smaller subunits, and calculations were performed in parallel both within and over

these subunits. Special care was taken to reduce memory latencies by using the GPUs

shared memory as a cache within those subunits. The final implementation allowed for

a reconstruction of a 256 x 256 x 256 matrix out of 2562 radial spokes within 1.4 s on a

GeForce GTX 670 with 4 GB of total memory (NVIDIA Corporation, CA, USA). For

positive contrast with background suppression, a pixelwise search for the magnitude

maxima and minima within the spectral range of off-resonant reconstructions followed

by a subtraction of both was performed. In order to boost cellular CNR, the off-resonant

subtraction images gained through TE1 and TE2 were consecutively combined via sum-

of-squares.

Cell labeling and phantom preparation Cell labeling was performed, and the

model of ectopic vessel formation was used as described in section 4.2.3.1. Images were

acquired 14 days after injection.

For the in vitro phantom, a second patch of ECFCs was labeled with the same protocol
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as in section 4.2.3.1 but with an SPIO concentration of 400 µg/ml Fe. The quantifiac-

tion with the susceptometric method described in section 2.2.3.4 resulted in an average

iron content per cell of 79 pg.

The single-cell phantom was prepared by filling a 50 ml polycarbonate tube with 1 %

agarose gel containing 5 mm NMR tubes which were removed after the gel had solid-

ified in order to provide small cavities for subsequent placing of the labeled cells. To

gain a background signal comparable with numerical simulations, 0.15 mM Gd-DTPA

and 0.05 mM Resovist were added to the gel to reach relaxation times of T1/T2 =

1074/65.9 ms. The centrifuged SPIO-labeled cells were resuspended in 0.5 % agarose

gel to reach densities of 2.5, 5, 10, and 20 cells/µl and filled into the cavities within the

agarose-filled 50 ml tube. Unlabeled ECFCs (20 cells/µl) were filled into the central

cavity.

MR imaging The sequence was implemented on a 3T clinical MRI (MAGNETOM

Skyra, Siemens Healthcare, Erlangen, Germany) with a gradient strength of Gmax =

43 mT/m at a slew rate of 180 mT/(m·ms). A circular polarized whole body volume

coil for mice with an inner diameter of 3.5 cm and an overall length of 6 cm (RAPID

Biomedical GmbH, Rimpar, Germany) was used for all experiments. The phantom

tube was positioned along the main magnetic field and scanned with the 3D radial dual

half-echo sequence and a non-selective 100 µs hard pulse with varying resolutions of

200, 300 or 400 µm and the scan parameters: TR = 7.5/5.7/5.1 ms, α = 29◦, TE1 = 0.1

ms, TE2 = 7.3/5.5/4.9 ms at a matrix size of 2563/1603/1283, an imaging bandwidth

of 199/313/391 Hz/pixel and 2562/1602/1282 spokes. For in vitro CNR measurements,

an automated detection of voxels containing labeled cells was performed. The voxels

were selected within the on-resonant bSSFP image if their signal intensities dropped

below an upper threshold. A threshold of 0.8-fold the mean background signal was

chosen which corresponds to a minimum CNR value > 5 within all imaging resolutions.

A Tukey boxplot was used to depict the different acquisition and reconstruction CNRs.

The in vitro sample of 20 cells/µl was selected for CNR validation and 16/11/8 slices

were evaluated at the 200/300/400 µm scans. About 8 voxels/µl fell below the detection

threshold at the 200 µm scan. This density is 2.5-fold lower than the cellular count of 20

cells/µl from cell culture. Therefore some clustering of cells and an exclusion of labeled

entities by the threshold were assumed. To investigate the dependency of the ORRS
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Figure 5.7: Results of intra-voxel simulations with a single 25 pg Fe perturber placed

at the central position acquired with an imaging bandwidth of 200 Hz/pixel and applied

field-offsets ∆B0add = -240/-120/0/120/240 Hz. The magnitude and phase of the intra-

voxel signal are presented in the top and middle row. The final image contrast of a 200 µm

voxel volume is presented in the bottom row. For ∆B0add = 0 Hz, the standard (negative)

bSSFP contrast is shown. Signal recovery with hyperintense contrast is obtained at the

reconstruction of -120 Hz, and a second, less intense maximum is observed at 120 Hz.

on intra-voxel cellular position, half-voxel shifted images of the in vitro dataset were

calculated by a linear phase modulation of k-space as described by Scheffler [235]. In

vivo images were acquired with a total acquisition time of 19 min 48 sec acquiring 3202

spokes with two consecutive phase cycles (α/-α; α/α), without respiratory triggering

(TR = 5.8 ms, α = 20◦, TE1 = 0.1 ms, TE2 = 5.6 ms, BW = 256 Hz/pixel) resulting

in a 3203 matrix with an isotropic resolution of 160 µm. The combination of the two

phase-cycled bSSFP acquisitions was performed after modulation and reconstruction

with ∆B0add by a weighted combination as described by Çukur et al. [227].

5.2.4 Results

Simulations The simulations in figure 5.7 show the sub-voxel signal distribution for

the first half-echo (TE1) of a single 25 pg Fe perturber placed in the middle of the

grid calculated for 5 representative global field-offsets. The presented slice is aligned in

parallel to the main magnetic field B0. The top and middle row show the magnitude
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Figure 5.8: Simulations presenting the off-resonant reconstruction contrast (off-resonant

reconstruction spectrum). The signal evolution of the central 200 µm voxel containing

a single cell (2.5..100 pg Fe/cell) for three representative readout bandwidths (100, 200

and 300 Hz/pixel) is presented. The dashed gray line marks the image signal without any

perturber. At ∆B0add = 0 Hz, the standard bSSFP signal for 3D radial half-echo sam-

pling is produced. The signal maximum at ∆B0add(max(|S|)) produces a positive contrast

against the background higher than the on-resonant negative contrast. The magnitude at

and the off-resonant position of ∆B0add(max(|S|)) show a strong dependence on readout

bandwidth and iron concentration.

and phase following the sub-voxel wise convolution with the off-resonant PSFs, and

the bottom row presents the resulting image with an isotropic voxel size of 200 µm.

The contrast modulation of the central, cell containing voxel, referred to as off-resonant

reconstruction spectrum (ORRS) herein, is presented in more detail in figure 5.8. The

spectral position of maximum signal recovery ∆B0add(max(|S|)) and the gained ampli-

tude scale with paramagnetic load and imaging bandwidth. There is a direct relation

between the radius of the signal aggregation visible in the on-resonant intra-voxel sim-

ulation (fig. 5.7) and the maximum of signal recovery for 25 pg Fe in the central graph

in figure 5.8 (∆B0add(max(|S|)) ≈ - 150 Hz; r = - ∆B0add/BW/N ≈ 0.75 pixel). The

assymetry of the ORRS due to a major fraction of magnetization with a positive fre-

quency offset is a result of the dipolar field stated in equation 5.1. The fractional signal

change of the subtraction between reconstructions with

∆B0add(max(|S|)) and ∆B0add(min(|S|)) for different resolutions and iron loads per

cell is presented in figure 5.9. The sensitivity of the proposed subtraction method

for an isotropic 300 µm acquisition still exceeds the standard 200 µm bSSFP experi-

ment (black dashed line). Figure 5.10 compares the signal modulation as a function
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Figure 5.9: Simulations of the fractional signal change vs. cellular iron load. The dashed

line represents standard dark bSSFP contrast at ∆B0add = 0 Hz. With a combination of

∆B0add(max(|S|)) and the negative contrast at ∆B0add = 0 Hz in a subtraction image,

far bigger voxel dimensions can be chosen for single cell tracking at the same iron content.

For a visual guidance, the detection limit with CNR = 5 for an assumed image SNR of 25

is drawn as a gray dashed line.

Figure 5.10: Off-resonant reconstruction spectrum for different echo (EC) positions

within TR. The dashed line marks the background signal S0 without any perturber. All

curves show similar contrast behavior, but largest signal difference ((max(|S|) - min(|S|))
/ S0) is achieved directly after excitation. Since the position of signal maxima and min-

ima slightly differ between echo positions, the subtraction contrast max(|S|) - min(|S|) is

calculated before merging the two echoes (EC = 0 and EC = TR) via SOS.
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Figure 5.11: Agarose cell phantom with 2.5/5/10/20 cells/µl (from top-left counter clock-

wise). The cells contain an average iron content of 79 pg Fe. The control in the center

consists of unlabeled ECFCs in a density of 20 cells/µl. a: Standard bSSFP contrast, b:

reconstructed image at ∆B0add = -200 Hz and c: voxel-wise subtraction of max(|S|) and

min(|S|). d: Reconstructions with varying field offsets ∆B0add = -200..200 Hz show the

signal evolution over ∆B0add (presented for the sample with 20 cells/µl). e: ORRS (+/-

300 Hz, resolution: 15 Hz) for three different voxels (marked with ?,x,o) bearing labeled

cells present their characteristic off-resonant signal evolution.

of ∆B0add between different echo positions: directly after excitation, at TR/2 and at

TR. Echo acquisition directly after excitation yields maximum relative signal difference

(∆S/S0 = 0.70; ∆S = max(|S|) - min(|S|) ) followed by the late echo (∆S/S0 = 0.52)

and at the centered echo (∆S/S0 = 0.42).

In vitro study The phantom used consists of cells at different cellular densities em-

bedded in agarose gel. Figure 5.11 shows reconstructed images from the acquisition

TE1 at an isotropic resolution of 200 µm. The initially dark voxels (standard bSSFP

contrast) (fig. 5.11a) experience a signal recovery due to the off-resonant reconstruction

resulting in a hyperintense voxel signal (fig. 5.11b). Selected voxels show a spectral

course matching the numerical simulations, and negative frequency offsets yield a min-

imally higher signal gain (fig. 5.11e). An automated pixel-wise search for the signal

maximum and minimum used for the subtraction image allows for optimal positive

contrast independently of the total iron load and intra-voxel positioning within a voxel

(fig. 5.11c).

Figure 5.12 compares the cellular contrast of bSSFP (0 Hz) with the proposed off-

resonant subtraction (sub) method using a SOS combination of TE1 and TE2. Three
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Figure 5.12: Images acquired with different resolutions and adapted imaging parameters

(TR, BW). A speed-up of 6-fold was gained comparing 200 µm with 400 µm. The two

columns on the right show the SOS combination of the early (TE1) and late echo (TE2).

CNR enhancement between the on-resonant (0 Hz) standard bSSFP contrast and the off-

resonant subtraction approach (sub) is clearly visible in voxels with a low iron content

(white arrows).

128



5.2 Single cell detection using off-resonant reconstructions of 3D
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Figure 5.13: Boxplots comparing the in vitro on-resonant bSSFP CNR with the new

off-resonant reconstruction technique (sub) calculated from selected cell containing vox-

els. The box defines the first and third quartile, whiskers correspond to 1.5-fold the in-

terquartile range and outliers are labeled by dots. a: For the three resolutions investigated

(200/300/400 µm), the off-resonant reconstruction technique achieves a considerably bet-

ter cellular CNR performance than the on-resonant bSSFP reconstruction. b: With a SOS

combination of TE1 and TE2, CNR is further increased.

acquisitions with isotropic resolutions of 200/300/400 µm are presented. The aim was

to reach the shortest possible scanning time by adapting the sequence parameters of

imaging bandwidth, TR, matrix size and acquired number of radial spokes. The acqui-

sition time was significantly reduced from 8 min/15 sec to 1 min/27 s between 200 µm

and 400 µm image resolution while image SNR for TE1 of the three measurements was

36.8, 37.7 and 31.2. The voxel highlighted in figure ?? indicates that similar cellular

CNR performance is gained using the off-resonant subtraction approach with the fast

300 µm (CNR = 17.6) scan compared to the standard bSSFP contrast at 200 µm (CNR

= 15.5).

Figure 5.13 shows the CNR of selected cell containing voxels (as described in the Exper-

imental section) as boxplots. The off-resonant subtraction method shows a substantial

increase in CNR compared to signal-void on-resonant bSSFP throughout the measured

resolutions (fig. 5.13a), which is further improved by SOS combination (fig. 5.13b)

of the two acquired echoes. The simulated CNR (80 pg Fe, dash-and-dot line in fig.

5.13b) is slightly above the median of the measured values for all methods.
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Figure 5.14: Axial view of the subcutaneous injection site (marked with dashed line)

obtained with the 3D radial half-echo sequence and two phase cycles (PC1 = α/-α, PC2

= α/α). Reconstruction is performed as follows: First, the off-resonant reconstruction

images are calculated. Second, the two phase cycles are combined. Third, the subtraction

images are generated by a pixel wise search for the signal minimum and maximum within

the off-resonant reconstruction spectrum. As a last step, the two half-echo images TE1

and TE2 are combined via sum-of-squares.
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In vivo study Figure 5.14 shows an axial slice of 160 µm in thickness of the sub-

cutaneous injection site imaged 14 days after injection. The amount of bright spots

visible is in fairly good agreement with the expected number of 17 cell containing

voxels (injection volume throughout the slice = 2.5 µl, and assuming a homogeneous

distribution of cells within the islet of 6.7 cells/µl). Intermediate steps of the image

processing chain are presented. The 3D radial acquisition turns out to be motion in-

sensitive and produces artifact free images in which the cell bearing voxels are clearly

visible. For comparison, the images of an on-resonant reconstruction (∆B0add = 0 Hz),

an off-resonant reconstruction (∆B0add = -250 Hz) and of the min/max subtraction

are presented. Through phase cycling [236], magnitude bands within the subcutaneous

injection site (PC1 and PC2 left in fig. 5.14) are effectively removed in the resultant

images.

5.2.5 Discussion

This study presents a dedicated MRI acquisition and reconstruction method for in vivo

hyperintense visualization of iron oxide labeled cells. The approach combines 3D radial

encoding of a bSSFP sequence and multiple off-resonant reconstructions. The entire

procedure results in a higher cellular contrast than attained with standard signal void

bSSFP, and the gained sensitivity enhancement allows for cellular imaging at resolu-

tions available on clinical platforms. Compared to other positive contrast cell tracking

approaches, the presented method based on sub-voxel effects shows a voxel-localized

appearance of the contrast and insensitivity for global B0 inhomogeneities. Possible

banding artifacts of the bSSFP sequence are suppressed by a weighted combination of

phase cycled acquisitions.

The performed simulations and measurements confirm that the co-RASOR principle

[170, 229] can be applied for the refocusing of off-resonant spins in the sub-voxel dimen-

sion influenced by SPIO loaded cells. An interesting finding of the performed work is the

characteristic signal variation of dipole perturbers for reconstructions with different res-

onance offsets. The simulations show that the global frequency offset ∆B0add(max(|S|))
for maximum signal recovery has to be chosen to match the used imaging bandwidth

and total iron load. Variations in cellular iron load and accumulation of cells in vivo

do not allow for an exact a priori estimation of the actual iron load. Therefore, the

calculation of a set of reconstructions with different ∆B0add (denoted as ORRS) is used
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for an automated search for the maximum signal recovery at each voxel. In order to

gain a maximum signal recovery, figure 5.8 indicates that small imaging bandwidths

are beneficial.

Using highly time-efficient reconstruction algorithms based on CUDA [231], the off-

resonant reconstruction spectrum for all image voxels is reconstructed within a minute

(2563 voxels ranging from ∆B0add = -300 Hz to 300 Hz in steps of 15 Hz). Posi-

tive contrast with background suppression is achieved by voxel-wise subtraction of the

non-modulated on-resonant image from the hyperintense signal gained through recon-

struction with ∆B0add(max(|S|)).
Simulations predict that while assuming an SNR of 25 for a resolution of 200 µm, > 5 pg

Fe per cell are sufficient for detection (Rose criterion: CNR > 5 [237]) by the proposed

subtraction technique compared to 25 pg Fe required for standard on-resonant bSSFP

(which is in accordance to simulations by Heyn et al. [102]). In vitro CNR analysis

of voxels containing sparsely distributed cells substantiate the additional contrast gain

utilized by the difference between on-resonant hypointensity and the point of maximal

signal recovery for ∆B0add(max(|S|)). Given the same amount of iron oxide per cell,

this contrast enhancement can be employed to enlarge voxel size in order to acceler-

ate image acquisition. CNR box-plots of selected voxels reveal that the off-resonant

subtraction gained from a fast 300 µm scan is equal to a 200 µm on-resonant bSSFP

acquisition while acquisition time is reduced to 1/3rd.

In comparison to spoiled gradient echo acquisitions, the bSSFP technique possesses two

advantages. First, a high SNR is gained almost independently of the repetition time.

Second, both echoes can be employed for off-resonant reconstruction. While GRE suf-

fers from dephasing at later echoes, the main difference between the first and second

echo in bSSFP consists in the influence of T2, not T ∗2 , as magnetization is refocused at

the time point of TR/2 [132]. Consequentially, as successfully demonstrated in vitro

and in vivo, the combination of the two echoes enhances cellular CNR.

The proposed method shows excellent cell detection properties able to highlight the

voxel containing the perturber. This is a remarkable difference to B0 mapping or

gradient compensation techniques such as white marker [140] or GRASP [141] which

highlight the surrounding volume of susceptibility-shift generating objects. Compared

to alternative methods based on mapping B0 field-offsets [136, 137, 138, 139] for the

detection of marked cells, the proposed technique stays fully functional in the vicinity
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Figure 5.15: Change in the ORRS for cells which are not centered with respect to the

image grid. a: Simulated ORRS from centered to maximally displaced (at the corner of the

voxel). A change in magnitude and the off-resonance frequency ∆B0add with maximum

signal is observed. b: Sub-voxel shifted reconstructions of the 200 µm in vitro dataset

show the same degradation of the ORRS maxima and minima for a voxel containing an

iron loaded cell.

of global B0-inhomogeneities related to a bad shim. For a certain global field-offset,

the whole off-resonant reconstruction spectrum is shifted by this frequency offset, which

does not limit the subtraction contrast if an automated search for the minimum and

maximum within the ORRS is performed.

As common to all MR imaging techniques, the method is influenced by partial-volume

effects. The change in ORRS due to intra-voxel positioning of cells is shown in figure

5.15. While spectral positioning of the signal maximum of the ORRS changes little with

intra-voxel displacement, the reduction in magnitude modulation is quite pronounced.

This is confirmed by observations of the ORRS in vitro (fig. 5.11) where magnitude

modulation of the three selected voxels gives different CNR values but the spectral

positioning of ∆B0add(max(|S|)) stays constant. Another issue is a loss in specifity at

borders to tissues with a difference in magnetic susceptibility (e.g. fat/muscle at the

aorta in fig. 5.14). Discrimination between those hyperintense areas from labeled enti-

ties may be addressed by the observation of the ORRS spectral asymmetry. However,

the difference in amplitude between positive and negative frequencies observed in vitro

(fig. 5.11, 5.15 right) stays below the expectations given by the simulations provided.

We assume that the endosomal iron deposition and cellular clustering lead to deviations

from the idealized dipolar field pattern simulated. Another way to discriminate cells
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from unwanted off-resonant sources is an optical validation of reconstructed images

close to ∆B0add(max(|S|)) (e.g. figure 5.14 at ∆B0add = - 250 Hz). In addition to

cellular signal amplification, spherical magnitude degradation around the cell caused

by shifted hypointensity is observed. This spherically shaped contrast simplifies the

discrimination of the cellular contrast from signal variations of the background and,

therefore, enhances cellular specificity.
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6

Summary & Discussion

6.1 Summary

This thesis covers extentions to existing methods and new methodical developments

with the aim to amplify MR image contrast of exogeneously labeled stem cells. The

presented techniques especially focus on applications in small mammals with the con-

straints dictated by the hardware of clinical MR devices. Therefore, SNR, cellular

CNR, image speed and the reduction of image artifacts have been important aims of

optimization. The main contributions of this work are:

� The introduction of an image reconstruction technique based on gradient echo ac-

quisitions which reduces partial volume effects of punctuate magnetic perturbers

and, therefore, amplifies contrast to labeled cells. It is demonstrated that ad-

ditional sampling points, gained through zero-padding preceeding the Fourier

transform of image reconstruction, access the cellular contrast usually masked by

the partial volume effect.

� In the context of stem cell imaging in bone marrow, an existing acquisition strat-

egy (IRON) is further expanded to administer the high lipid content of marrow

for cellular signal generation. It is shown that the positive cellular contrast of

the IRON technique is further enhanced by the proposed dual spectral selective

scheme.
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� A 3D radial sampling scheme is employed to compensate for motional artifacts

known from Cartesian acquisitions. The stability of this trajectory design for

intra- and inter-shot motion is shown to deliver artifact-free background signal in

vivo, highly desired for single cell detection. Instantaneous sampling of the FID

and spatially isotropic scanning allows for the distinction of labeled cells at very

low cellular densities. In addition, it is demonstrated that while using ultra-short

echo times, a bright background signal in bone marrow (as required for detection

of the negative contrast of SPIO labeled cells) is achieved.

� The successful concept of 3D radial image acquisition is expanded to gain images

in the coherent steady state (bSSFP). While bSSFP is well known for its high

NMR signal efficiency, a new trajectory is employed to enable bSSFP contrast

at high resolutions (<160 µm) with considerably short repetition times (<8 ms).

The main finding of this study is that the developed bUTE approach has the

same tissue contrast as standard bSSFP but reduces TR to almost one half. The

excellent cell tracking contrast of bSSFP acquisitions is preserved while the half-

echo bUTE reduces steady state banding artifacts.

� The efficient bUTE trajectory is further employed and expanded by a dedicated

reconstruction technique allowing for a very specific contrast from labeled cells.

Hyperintense contrast is formed within the voxel bearing the perturber, exceed-

ing the sensitivity values known from well established negative contrast bSSFP

protocols. The method has successfully been applied to SPIO labeled cells in

vitro and in vivo on a clinical MRI platform where the acquisition scheme shows

robustness to motion and produces high resolution isotropic images.

6.2 Discussion & Future Work

Two design rationals for acquisition strategies have been followed to allow a clear

identification of iron loaded stem cells in vivo: on the one hand, methods producing

hyperintense contrast to background employing the dipolar field produced by the cells,

and on the other hand, techniques homogenizing and amplifying background tissue

signal which allow for a clear delineation of the pure dissipative, hypointense, cellular
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contrast mechanism of T ′2.

While in the past both strategies have been followed independently, it seems to be

very promising to merge both disciplines. Both techniques have prominent features

for themselves, namely the high sensitivity of dissipative T ′2 contrast on the one hand

and the specific features which the dipolar field pattern delivers on the other. The

framework presented in chapter 6.2 already gives an insight into the possibilities such

merged techniques offer.

In this context, methods acting on global B0 distortions produced by condensed cell

populations (as presented in chapter 3.2) are poor candidates for a combined approach

not only because of their missing single cell detection capabilities. More of a concern

is their basis on frequency shifts overreaching multiple voxels, hardly distinguishable

from other sources of gobal field inhomogeneities (e.g. a bad shim). As a result, these

techniques do not deliver the desired grade of cellular specifity.

Given the frameworks of chapter 3.1 and 5.2, a gain in specifity of current SPIO based

cell tracking is achieved through the cells’ dipolar field properties in the mesoscopic,

voxel sized domain. Changing the imaging paradigm towards ever smaller resolutions,

the dipolar field of single individual cells is accessed. Sensing cellular dipolar field

information at this mesoscopic scale has the inherent advantage of being insensitive to

other large-scale sources of field inhomogeneities. In addition, the described techniques

inherently benefit from the dissipative contrast mechanism of T ′2.

Studies in chapter 3.1 and 5.2 point out that single cell detection methods, regardless

of their acquisition strategy (Cartesian or radial), benefit from corrections of partial

volume effects by re-locating the image grid to the position of the perturber. In chapter

3.1, a priori information on the interaction of the dipolar field with the image PSF

allowed for an automated realignment and, therefore, a reduction in partial volume

effect. The same is conceivable for the off-resonant reconstruction spectrum (ORRS)

presented in chapter 5.2. Future work has to investigate if forward simulations of

the cellular voxel ORRS may enable correlation-based automated search algorithms to

determine true perturber position. A promising scenario based on a similar expansion

would be a full spectral analysis of the ORRS which could deliver a compensation for

partial volume effects and specific quantitative detection of the labeled cells.

Concerning the work on 3D radial off-resonant reconstructions, future studies will have

to balance the benefits of data acquisition in the coherent steady state to the use of
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spoiled gradient echo based UTE acquisition. While in general the investigated cell

tracking technique works for every 3D half-echo radial sampling scheme, it is quite

conceivable that spoiled ultra-short TE acquisitions (chapter 4.2) may perform better

in heterogeneous background scenarios such as in the spongious bone compared to the

bSSFP acquisition used in the presented work.

6.2.1 Translating preclinical cell tracking to clinical practice

Cellular CNR improvements as gained with the off-resonant reconstruction technique

stated in chapter 5.2 are important in the sense of biocompatibility and translational

research. Two design rationals can be conducted with the gain in cellular image CNR.

This could be either a reduction in intra-cellular contrast agent concentration, allowing

for enhanced biocompatibility of the technique, or an improved CNR in order to enlarge

voxel dimensions, which takes the technique one step further towards translational re-

search.

However, successful translational applications are still missing. The presented work in-

dicates that image resolutions in the range of (400 µm)3 in combination with the robust

scanning schemes presented may allow for the detection of sparsely distributed cells.

Nonetheless, the data presented benefit from ideal in vitro conditions. No motion at

all, a very high coil related SNR and a homogeneous background signal are conditions

which are unlikely to be found in vivo. Even if a well suited surface coil and a field of

view closed to the surface are employed, the SNR efficiency of the clinical image setup

will be lower than delivered by the small animal coils used in the presented studies.

Assuming an image SNR 4-fold smaller compared to the preclinical experiments, 16

averages and a resultant acquisition time of 22 minutes will lead to comparable SNR

values as presented with the preclinical setup in chapter 5.2. In this scenario it is ques-

tionable if the patient is able to stay motionless for the time of acquisition in order to

enable a clearly depicted 400 µm scan. However, in recent years new coil developments

based on cryogenically cooled hardware reach SNR gains of more than 2-fold, which

would reduce the mentioned scan time to less than 5 minutes.

All in all, the feasibility of clinical cell tracking studies will be restricted by the imaging

region of interest. Studies of stem cell infiltration into bone marrow have good chances

to get clinical practice due to surface-near depots of haem active cell populations in

the illiac crest.
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Finally, the methods developed within this work provide a framework to perform pre-

clinical cell tracking on clinical MR hardware through motion insensitive high resolu-

tion imaging protocols facilitating desirable tissue signal properties and data processing

schemes which essentially enhance the sensitivity to iron labeled cells.
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A. SHINNAR LE ROUX (SLR) TRANSFORM

Figure A.1: Nutation caused by the jth hard pulse.

A.1 SLR-based RF pulse design

Instead of a 3x3 orthogonal rotation matrix SO(3) as in equation 3.10, a 2x2 unitary

matrix is used, so called unit quaternions or SU(2), to describe rotations in 3D:

Q =

[
α −β∗
β α

]

α = cos (Φ/2)− inz sin (Φ/2)

β = −i (nx + iny) sin (Φ/2)

(A.1)

where α and β are the Cayley-Klein parameters and ~n = nx ~ex +ny ~ey +nz ~ez is the axis

of rotation with Φ the rotation angle. The Cayley-Klein parameters can be used to

describe a vector in 3D-space. This 2x1 complex vector is called spinor and represents

the actual magnetization. A spinor can be understood, in simple terms, as α is the

component which corresponds to the z direction of the magnetization and β describes

the transversal component M⊥ = Mx + iMy. In the initial condition Mz = M0 the

spinor describing the magnetization vector is:

s0 =

[
α
β

]
=

[
1
0

]
. (A.2)

The rotation caused by one hard pulse B1,j is shown in figure A.1 and is described by
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the Cayley-Klein parameters Cj and Sj . Additionally for each hard pulse the result of

the free precession over the hard pulse duration ∆t is included by the matrix product:

Qj =

[
Cj −S∗j
Sj Cj

] [
z1/2 0

0 z−1/2

]

Cj = cos (γ |B1,j |∆t/2)

Sj = iei∠B1,j sin (γ |B1,j |∆t/2)

z = ej∆ω∆t.

(A.3)

If a sequence of n pulses is applied, the net rotation can be calculated as the product

of the individual rotations Qj :

Q = QnQn−1 · · ·Q1. (A.4)

In order to get rid of half-powers of z, the spinors describing the magnetization at

timepoint j, αj and βj , are modified to

Aj = z−j/2αj

Bj = z−j/2βj .

(A.5)

Including the definition of the hard-pulse rotation in Eq.A.3, the magnetization at

timepoint j is calculated by the recursion:

[
Aj
Bj

]
=

[
Cj −S∗j z−1

Sj Cjz
−1

] [
Aj−1

Bj−1

]
. (A.6)

With the initial condition for the magnetization in Eq.A.2, and after n hard pulses, the
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Cayley-Klein parameters are (n-1) order polynomials in z−1:

An(z) =
n−1∑
j=0

ajz
−j

Bn(z) =

n−1∑
j=0

bjz
−j ,

(A.7)

with

z−1 = e−i∆ω∆t. (A.8)

Equation A.7 maps the RF pulse B1(t) into two complex polynomials called the SLR

transform. Key is that the base of the polynomials contains the phase evolution in

time, just like a finite impulse response filter. It can be shown [178], that the con-

stant term of the polynomial An is a product of all Cj , which for small tip angles

become 1 (Cj = cos (γ |B1,j |∆t/2) ≈ 1) and every higher order term has at least one

factor Sj included which tends towards zero for the small tip angle approximation

(Sj = iei∠B1,j sin (γ |B1,j |∆t/2) ≈ 0).

The first step at the inverse problem is to find the polynomial Bn(z) which has a trans-

fer function matching the desired spectral response of the RF pulse. At this point,

it is important to point out that β describes the transversal magnetization M⊥. The

polynomial Bn(z) should be chosen to approximate the sine of half the desired rotation

angle as given in equation A.1 with a linear phase. Other approaches are for example

minimum phase designs which do not need a slice refocusing gradient at the expense of

RF power or maximum phase designs which produce a maximal phase dispersion over

the excited spectral region used for spoiling the transversal magnetization. Other prop-

erties of the Bn(z) polynomial are the width of the transition bands as well as in-band

and out-of-band ripple. References [185, 238, 239] give a deeper insight into FIR filter

design. According to the definition of z in equation A.8, |z| = 1, the polynomial An(z)

can be calculated out ot Bn(z) since they have to satisfy the magnitude constraint:

|An(z)|2 + |Bn(z)|2 = 1. (A.9)
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The phase of An(z) is chosen to fullfill a contrained which is most common the mini-

mization of RF energy e.q. a minimal phase polynomial.

For the inverse transform, the goal is to derive the actual Cj , Sj parameters out of

An(z) and Bn(z) in order to calculate tip angle Φ and phase of the hard pulses at the

individual timepoints j. This is done by the backward recursion from equation A.6.

The inverse of the rotational matrix is:

[
Cj −S∗j z−1

Sj Cjz
−1

]−1

=

[
Cj S∗j
−S∗j z Cjz

]
, (A.10)

therefore

[
Aj−1

Bj−1

]
=

[
Cj S∗j
−S∗j z Cjz

] [
Aj
Bj

]
(A.11)

=

[
CjAj + S∗jBj

z (−SjAj + CjBj)

]
. (A.12)

As the polynomials An(z) Bn(z) are always of order (n-1), both polynomials have to

be reduced by one order within one backward recursion. Equation A.12 states that for

Aj−1 the coeffizients of the highest power of Aj and Bj (Aj,j−1,Bj,j−1) and for Bj−1

the constant term of Aj and Bj (Aj,0,Bj,0) has to drop out. Those constrains are used

to calculate the RF properties of the segment j with:

CjAj,j−1 + S∗jBj,j−1 = 0

−SjAj,0 + CjBj,0 = 0

(A.13)

it can be shown [178] that those equations are equivalent. Using the second contraint,

B1,j is calculated:
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Bj,0
Aj,0

=
Sj
Cj

(A.14)

=
iei∠B1,j sin (γ |B1,j |∆t/2)

cos (γ |B1,j |∆t/2)
(A.15)

|B1,j | =
2

γ∆t
tan−1

∣∣∣∣Bj,0Aj,0

∣∣∣∣ (A.16)

∠B1,j = ∠

(
− iBj,0
Aj,0

)
. (A.17)
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