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Gradient and spin echo (GRE and SE, respectively) weighted magnetic resonance images report on neuronal
activity via changes in deoxygenated hemoglobin content and cerebral blood volume induced by alterations
in neuronal activity. Hence, vasculature plays a critical role in these functional signals. However, how the
different blood vessels (e.g. arteries, arterioles, capillaries, venules and veins) quantitatively contribute to the
functional MRI (fMRI) signals at each field strength, and consequently, how spatially specific these MRI
signals are remain a source of discussion. In this study, we utilize an integrative model of the fMRI signals up
to 16.4 T, exploiting the increasing body of published information on relevant physiological parameters.
Through simulations, extra- and intravascular functional signal contributions were determined as a function
of field strength, echo time (TE) and MRI sequence used. The model predicted previously reported effects,
such as feasibility of optimization of SE but not the GRE approach to yield larger micro-vascular compared to
macro-vascular weighting. In addition, however, micro-vascular effects were found to peak with increasing
magnetic fields even in the SE approach, and further increases in magnetic fields imparted no additional
benefits besides beyond the inherent signal-to-noise (SNR) gains. Furthermore, for SE, using a TE larger than
the tissue T2 enhances micro-vasculature signal relatively, though compromising SNR for spatial specificity.
In addition, the intravascular SE MRI signals do not fully disappear even at high field strength as arteriolar
and capillary contributions persist. The model, and the physiological considerations presented here can also
be applied in contrast agent experiments and to other models, such as calibrated BOLD approach and vessel
size imaging.
© 2009 Elsevier Inc. All rights reserved.
Introduction

Functional magnetic resonance imaging (fMRI) (Bandettini et al.,
1992; Kwong et al., 1992; Ogawa et al., 1992) is currently the most
popular imaging technique employed for studying brain function
non-invasively. The development of fMRI was fueled by the
observation of the blood oxygenation level-dependent (BOLD) effect
(Ogawa et al., 1990). Underlying this effect are changes in
deoxygenated hemoglobin (deoxy-Hb) content resulting from
changes in cerebral blood volume (CBV), cerebral blood flow (CBF),
and oxygen metabolism following sensory stimulation or cognitive
tasks (e.g. Buxton, 2002; van Zijl et al., 1998 and references therein)
(see Glossary). Such physiological changes are detectable with MRI
because the MR signal is sensitive to microscopic magnetic field
gradients. Deoxy-Hb, which is paramagnetic, alters the magnetic
susceptibility of blood and creates magnetic field gradients in and
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around deoxy-Hb containing blood vessels (Ogawa et al., 1990, 1993;
Spees et al., 2001; Thulborn et al., 1982; Weisskoff et al., 1993;
Yablonskiy and Haacke, 1994). Functional signals from the brain are
encoded simply by a T2⁎ or T2-weighted gradient recalled echo (GRE)
and spin echo (SE) images, respectively. Such images form the basis
of the BOLD contrast. However, they also contain neuronal-activity
coupled signal alterations originating from mechanisms beyond the
BOLD effect.

MRI signals in GRE and SE fMRI arise from intravascular (IV) and
extra-vascular (EV)water protons, both of which are dependent on the
blood vessel volume and oxygenation aswell as onMRI pulse sequence
employed. Several imagingparameters, suchasechotime(TE), read-out
duration, diffusionweighting andfield strength, canbe selected inorder
to improve spatial specificity of MRI signals with respect to neuronal
activity. TheMRI sequenceof choice isGRE sequencebecause it is easy to
implement and because of its high Contrast-to-Noise-Ratio (CNR).
However, it is generally believed that a single-refocused SE sequence at
high but not low magnetic fields yields MRI signals that are spatially
more specificbecause thevenous IVsignals arediminishedathighfields
(e.g. Duong et al., 2003; Ugurbil et al., 2003) and the remaining EV
signals around large blood vessels are partly re-focused by the
additional 180° radio-frequency (RF) pulse employed (Boxerman et
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al., 1995a,b; Gilles et al., 1995; Kiselev and Posse, 1999; Kjolby et al.,
2006; Weisskoff et al., 1992, 1994; Yablonskiy and Haacke, 1994).

Ideally, fMRI signals should be co-localized with neuronal activity.
However, the spatial and physiological specificity of GRE and SE fMRI
signals is a complex issue (for a review see Harel et al. (2006b)).
Spatial miss-localization can occur due to changes in blood oxygena-
tion and volume in remote draining veins (Frahm et al., 1994; Haacke
et al., 1994; Hoogenraad et al., 1999; Kim et al., 1994; Lai et al., 1993;
Menon et al., 1993; Oja et al., 1999; Turner, 2002) and due to the
different point-spread functions of fMRI signal contributions (Engel et
al., 1997; Parkes et al., 2005; Shmuel et al., 2007; Yacoub et al., 2005)
as a function of vessel size.

Recently, fMRI at 4.7 T, 7 Tand 9.4 T has been used to experimentally
investigate the laminar distribution of the BOLD signal in cats and non-
human primates in order to test the spatial specificity and the ability of
fMRI to resolve functional units (Goense and Logothetis, 2006; Goense
et al., 2007; Harel et al., 2006a; Zhao et al., 2004, 2006). The rationale
behind thisapproach is that theneuronalactivityand theaccompanying
hemodynamic changes are not expected to be evenly distributed over
the cortical layers. The largest local field potential (LFP), oxidative
metabolism changes, neurotransmitter release, and also capillary
density are found in layer IV of the cortex (Weber et al., 2008 and
references therein). The GRE fMRI signal correlates well with LFP
(Logothetis et al., 2001) and, therefore, for sensorystimulation, the fMRI
signal should also be highest in this layer. The common finding of these
various laminar distribution studies was that GRE fMRI signals, even at
high magnetic field strength, peaks at the surface vessels, whereas the
fMRI signals obtained using SE peaks also in laminar layer IV (with
similar magnitude as surface vessels), demonstrating higher spatial
specificity in the later. In one of these studies (Harel et al., 2006a), fMRI
was combined with histology, showing an excellent correspondence of
cytoarchitecture and the distribution of SE fMRI signal amplitudes.

Other popular test cases to assess the functional specificity of fMRI
signals are the detection of ocular dominance columns (ODC) and of
orientation columns (OC) in animals and humans. In most mammals,
neurons in the primary visual areas preferentially responding to the
stimulation of one eye are spatially clustered in ODCs or to one
orientation inOCs, respectively.ODCsandOCshavebeen identifiedfirst
using the invasive techniques of electrophysiologyandoptical imaging,
andmore recently using fMRI non-invasively in animalmodels (Duong
et al., 2001; Moon et al., 2007 and references therein) and in humans
(Moon et al., 2007; Yacoub et al., 2007, 2008 and references therein); in
thehumanODCstudy, it has alsobeen shownthat SE ismore specific for
such high resolution mapping compared to GRE (Yacoub et al., 2007).

The argument put forward to explain thesefindingsderives fromthe
magneticfielddependenceof thevenous intravascularcontributionand
Monte-Carlo simulations of extra-vascular contributions to the BOLD
signal. The latterhave revealed that, for the samesusceptibility value, SE
is most sensitive to small vessels (e.g. capillaries) and GRE to large
vessels (e.g. draining surface veins) (Boxerman et al., 1995a,b; Gilles et
al., 1995; Kiselev and Posse, 1999; Kjolby et al., 2006; Weisskoff et al.,
1992,1994; Yablonskiy and Haacke,1994). Several fMRI techniques, e.g.
the calibratedBOLDapproach(Davis et al.,1998)andvessel size imaging
(Kiselev et al., 2005), rely on the findings of these simulations.

However, there are several complications that are not fully and/or
quantitatively accounted for in these studies. First, the IV contribution
to the BOLD signal can be substantial (Obata et al., 2004; van Zijl et al.,
1998). This is true especially at low field strengths, where the IV BOLD
signal canbeas largeor larger than theEVBOLDsignal (Boxermanet al.,
1995a; Jochimsen et al., 2004; Norris et al., 2002; Song et al., 1996).
(Note that the notions ‘low’ and ‘high’ field strengths are not labeling
the field strengths in absolute but in relative terms. In this study, ‘low
field’ labels 1.5 T and 3 T and ‘high fields’ 7 T and larger.) While largely
absent from veins at very high magnetic fields due to the very short T2
of deoxygenated blood (e.g. Duong et al., 2003 and references therein),
IV contributions are conceivable from arterioles where oxygen
extraction is low but not zero, and from capillaries close to their
arterial ends where the deoxygenation levels are lower and hence T2
values are longer (Silvennoinen et al., 2003). Second, for modeling
purposes, it is assumed that blood vessels are randomly oriented
relative to the external magnetic field which is not necessarily true for
surface vessels and cortex-penetrating arteries and veins. Finally,
vascular compartments (arteries, arterioles, capillaries, venules, veins)
differ in blood oxygenation (Vovenko,1999) and volume (Weber et al.,
2008) and, following functional activation, change their oxygenation
values by a different amount. Consequently, the respective relaxation
rate changes have to be compared at different susceptibility values.
While the arterial and arteriolar effects may be negligible at low
magnetic fields, they can become significant at high magnetic fields
because the frequency shift across the luminal boundaries of the blood
vessels is proportional to the product of the fractional deoxygenation
and the static magnetic field magnitude.

In the present study, through simulations, we quantitatively assess
the various GRE and SE based fMRI signal contributions and their
spatial distribution by using an integrative model for these fMRI
signals. The study comprises Monte-Carlo simulations of the extra-
vascular BOLD effect, as before, but in addition, incorporation of blood
relaxation properties and physiological alterations that accompany
neuronal activity changes in a generalized derivation of function-
induced signal changes in GRE and SE fMRI. Consequently, GRE and SE
fMRI signal changes include the BOLD effect, but alsomechanisms that
are independentof bloodoxygenation changes. Analytical formulae are
provided for: a) intrinsic IV andEV relaxation rates (withnodeoxy-Hb)
derived from published experimental data; b) deoxy-Hb dependence,
derived fromMonte-Carlo simulations for theEVBOLDsignal and for IV
BOLD signal from experimental values, and c) contributions of all
vascular components from arteries to veins. The model is similar to
other previously proposed models (e.g. Buxton et al., 2004; He and
Yablonskiy, 2007; Hoogenraad et al., 2001; Lu et al., 2004; van Zijl et al.,
1998), but is more comprehensive as it is valid for magnetic field
strengths from 1.5 T up to 16.4 T for both GRE and SE. The latter is
significant because, as is demonstrated in this study, earlier BOLD
modeling results based on simulations covering a smaller range of
magnetic fields and/or higher susceptibility differences across blood
vessel boundaries cannot be necessarily generalized for higher fields
and/or susceptibility gradients, especially for the SE fMRI signals.

We illustrate results obtained with this model for both hyperoxia
(i.e. oxygenation change with no CBV change) and functional
stimulation. They indicate, most notably, that for SE: a) the IV BOLD
signal does not fully disappear for high field strengths but rather shifts
to blood vesselswith high bloodoxygenation; b) diffusionweighting at
low field strengths would increase micro-vasculature weighting; c)
using a TE larger than the T2 of tissue also enhances micro-vasculature
weighting, although it compromises signal-to-noise ratio in order to
gain spatial specificity; d) there is a limit to themagneticfield increases
resulting inattainingan improvedmicro-vasculatureweighting; ande)
for a hyperoxia experiment, higher micro-vasculature weighting is
obtained than for a functional activation experiment. For GRE, there is
no field strength at which the BOLD signal in the micro-vasculature is
larger than in themacro-vasculature. These results have consequences
for assessing spatial specificity of fMRI and for the exact formulation of
some standard fMRI techniques currently relying solely on theoretical
estimates of EV BOLD signals, e.g. calibrated BOLD signal (Davis et al.,
1998) and vessel size imaging (Kiselev et al., 2005).

Theory

Transverse magnetization of nuclear spins decays to zero by
processes such as dipole–dipole coupling that is irreversible under a
refocusing transformation, as well as dephasing induced by large-scale
magnetic field inhomogeneities that is reversible under refocusing. The
signal decay is typically characterized by an exponential decay time
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constantT2⁎while the irreversible part of the decay is describedwith the
time constant T2. The inverse of these time constants are the relaxation
rate constants R2⁎ and R2. If the magnetic field inhomogeneities are on
the scale of random thermal motion (diffusion) of the spins, the echo
amplitude under a refocusing pulse is also affected. This loss in echo
amplitude is often lumped into the T2 decay even though it cannot
strictly be classified as irrecoverable; multiple refocusing pulses, as in a
Carr–Purcell pulse train, appliedwith short intervals in the time scale of
thermal motion, will suppress this decrease in echo amplitude.
Nevertheless, a loss is encountered due to diffusion in the presence of
field inhomogeneities, especially when only one refocusing pulse is
often incorporated into the T2 process, as it is in these simulations.

Both intra- and extra-vascular spins contribute to the total MRI
signal Stot (Buxton, 2002; Duong et al., 2003; van Zijl et al., 1998, and
references therein). Intra- and extra-vascular MRI signals (Sin and Sex)
have to be weighted by their respective volumes and, thus, Stot is:

Stot = 1− CBVð Þ � Sex +
X
i

/i � Sin;i � CBVi ð1Þ

The index i denotes the different vascular compartments present in
thevoxel, i.e. arteries, arterioles, capillaries, venules andveins.Note that,
in this equation, CBV is the fractional blood volume in relation towhole
tissue volume (typically between 1 to 5% but can also be higher for
parenchymal vessels). The term ϕ is the relative proton spin density.
Because only signal ratios (e.g., the ratio of the activation/rest signals)
will be considered, only a relative scaling of the spin density is required.
For this reason, ϕ is defined as the ratio of the IV/EV spin densities and
for graymatter, it is slightly larger thanone (Luetal., 2003).However, its
value can be decreased by diffusionweighting bi-polar gradient pulses
or increased by inflow of unsaturated fresh blood. In the following, we
will assume that ϕ=1 and omit this variable in the equations below.

The relaxation process of the MR signal is usually described by a
single exponential: S = S0 � e−R 4ð Þ�TE

2 with S0 as the effective spin
density of the (extrapolated) signal at TE=0 ms. Note that in this and
the following equations, the relaxation rate is R2 for SE- or R2⁎ for GRE-
pulse sequence, respectively. The transverse relaxation rate constant
R2
(⁎) is written as the sum of two terms: R2(⁎)=R2,0

(⁎)+R2,Hb
(⁎) . Here, R2,0(⁎) is

the intrinsic relaxation value, and R2,Hb
(⁎) describes the additional

relaxation produced by deoxy-Hb. In functional stimulation experi-
ments, the relative contribution of the change in deoxy-Hb to the
overall relaxation R2,Hb

(⁎) is – especially at low field strengths – small
compared to the intrinsic R2

(⁎) and large-scale field gradients across
the voxel. For this reason, the signal changes due to the BOLD effect are
typically only in the order of a few percent.

The extra-vascular signal can be written as (Yablonskiy and
Haacke, 1994):

Sex = S0 � e
−
�
R2;0;ex +

P
i
R2;Hb;i;ex

�
�TE ð2Þ

In the following, we ignore the problem of large pial vessels whose
extra-vascular effect will be large enough to overlap with those of
capillaries, venules, etc. in the adjacent voxel (see Discussion section).

GRE and SE fMRI model for functional activation

During functional activation, changes in both the CBV and the
oxygen saturation of hemoglobin Y alter the MR signal. Hence:

Stot;act = 1− CBV + d � ΔCBVactð Þð Þ � Sex;act
+

X
i

Sin;i;act � CBVi + ΔCBVi;act

� �
: ð3Þ

In this equation, a compression factor d for the extra-vascular
volume is introduced, which describes howmuch the change in blood
volume displaces or compresses the extra-vascular volume, i.e.
changes the amount of protons in the extra-vascular space. That is, a
value of d=0 implies that the amount of protons in the extra-vascular
volume stays the same despite an expansion of blood volume; a value
d=1 implies that the increase in the amount intravascular protons is
balanced by a decrease in the extra-vascular space either by protons
being pushed out of the voxel or displaced into the intravascular space
resulting in a constant total amount of protons within the voxel.
Because water is not compressible, physiologically, a value close to
d=1 is most plausible, and this is assumed in the simulations below.

The BOLD signal change in [%] following neuronal activation is:

ΔS
Stot

=
Stot;act − Stot

Stot
: ð4Þ

In sum, to calculate BOLD signal for different vascular compart-
ments, intrinsic relaxation rates without any deoxy-Hb and relaxation
rate changes due to deoxy-Hb for both intra- and extra-vascular spins
during baseline and functional activation have to be determined. In
the following, analytical formulae for each of the BOLD signal
contributions are derived from either experimental data or Monte-
Carlo simulations.

Intrinsic relaxation rates of tissue

Numerous studies (see Table 1) (e.g. Boxerman et al., 1994,
1995b; Chen et al., 2004; Cremillieux et al., 1998; de Graaf et al.,
2006; Deistung et al., 2008; Duong et al., 2002, 2003; Gati et al.,
1997; Grabill et al., 2003; Haacke et al., 2005; Jin et al., 2006;
Jochimsen et al., 2004; Keilholz et al., 2006; Lee et al., 1999, 2002; Li
et al., 2006; Lu et al., 2007; Lu and van Zijl, 2005; Mitsumori et al.,
2007; Peters et al., 2007; Ramani et al., 2006; Spees et al., 2001;
Stanisz et al., 2005; Weigel and Hennig, 2006; Yacoub et al., 2003,
2005; Zhao et al., 2004, 2006, and references therein) have
measured tissue and blood relaxation rates for both GRE and SE
up to field strength of 11.7 T and 9.4 T, respectively. In addition, we
performed R2 relaxation rate measurements at 16.4 T on rat gray
matter (unpublished data). Because, typically, the BOLD signal
change is only a few percent (avoiding large pial vessels), measured
R2 and R2⁎ values in gray matter closely resemble tissue relaxation
rates with no deoxy-Hb (see Discussion section for details).
Therefore, we take in vivo tissue relaxation rates in the presence
of deoxy-Hb as representative of tissue relaxation rates with no
deoxy-Hb. In Fig. 1a, experimental tissue intrinsic relaxation rates
R2,0 and R2,0⁎ taken from the references cited above are plotted.

There is some variation in the values due to experimental error,
voxel sizes, brain areas investigated, quality of the shimming, read-out
times, species, etc. Both R2,0 and R2,0⁎ increase with field strength
possibly due to the inhomogeneous spatial structure of biological
tissue. Note that, in contrast, the relaxation rate of purewater has been
suggested not to be strongly field strength-dependent (Cremillieux et
al., 1998). However, at tissue interfaces, microscopic magnetic field
inhomogeneities can be present even though the tissue is on average
diamagnetic. Additionally, relaxation rate can be affected by chemical
exchange between water protons and macromolecules. Both of these
processes probably lead to field strength-dependent relaxation of the
intrinsic MR signal (Cremillieux et al., 1998).

Often, functional imaging studies are performed at TE values that
approximate gray matter T2 or T2⁎, e.g. for SE: ∼96 at 1.5 T, ∼77 ms at
3 T, ∼50 ms at 7 T, ∼41 ms at 9.4 T, and for GRE: ∼66 ms at 1.5 T,
∼48ms at 3 T, ∼28ms at 7 T ∼22ms at 9.4 T (see open circles in Figs. 4
and 5). This condition maximizes stimulus-induced BOLD signal
changes and, under the specific conditions where intrinsic thermal
noise in an image dominates temporal signal fluctuations in an fMRI
time series, also the CNR in both GRE and SE fMRI. Instead of
maximizing the BOLD signal change or CNR, however, the choice of TE



Table 1
Experimentally determined tissue relaxation rates for both SE and GRE.

Reference Field strength [T] R2 [1/s]

SE
Lee et al., 1999 1.5 11.11

4.7 20
9.4 25

Stanisz et al., 2005 1.5 10.53
3 10.1

Zhao et al., 2006 3 14
Duong et al., 2003 1.5 10.11

3 12.5
4 15.87
7 18.19
9.4 25

Duong et al., 2002 7 20
Jin et al., 2006; 1.5 11.1
Zhao et al., 2004 9.4 22
Chen et al., 2004 3 15.5
Cremillieux et al., 1998 4.7 18.2

7 23.9
9.4 22

Weigel and Hennig, 2006 1.5 7.94
3 8.2

Keilholz et al., 2006 11.7 26.3
Haacke et al., 2005 2.35 11.24

8.5 23.81
de Graaf et al., 2006 4 15.34

9.4 23.75
11.7 27.62

Own observation 16.4 37.3

GRE
Zhao et al., 2004 7 40

9.4 29.4
Li et al., 2006 7 27.8
Deistung et al., 2008 1.5 11.9

3 15.2
7 30.1

Duong et al., 2003 4 28.6
Lu and van Zijl, 2005 1.5 16.1

3 21.1
Yacoub et al., 2005 4 24.2
Chen et al., 2004 3 17.8

Fig. 1. a) Intrinsic tissue relaxation rate (i.e. for oxygen saturation Y=100%) for GRE (red)
and SE (black) as a function of magnetic field strength B0. Experimental data are shown
withdots andfitted curveswith lines. b) Intrinsicblood relaxation (Y=100%) forGRE (red)
and SE (black) as a function of magnetic field strength B0. For display purposes, only up to
B0=10 T is plotted. c) Blood relaxation rate for SE for different blood oxygenation values.
Y=100% (black) corresponds to intrinsic blood relaxation rate shown in b). Relaxation
rates increase with field strength. Intrinsic relaxation rates of tissue for SE and fully
oxygenated blood are comparable in magnitude whereas blood relaxation is significantly
higher for oxygen saturation much lower than 100%.
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value may be based on criteria for optimizing the contribution of a
specific vascular compartment to the images (see Figs. 4 and 5).

The experimental tissue R2,0 data (Fig. 1a) can be fitted with a
linear function yielding:

R2;0;ex = 1:74
1

Tesla � s � B0 + 7:77
1
s
: ð5Þ

Because static magnetic field variations contribute to R2,0⁎ in addition
to processes that contribute to R2,0, R2,0⁎ has to be larger than R2,0.
AlthoughR2,0⁎ varies over brain areas and depends on various parameters
like voxel size,we linearlyfit someof the reported data onR2,0⁎ andutilize
the resultant expression for the simulations. This R2,0⁎ expression is:

R4
2;0;ex = 3:74

1
Tesla � s � B0 + 9:77

1
s
: ð6Þ

Intrinsic relaxation rates of blood

There are far fewer studies on blood intrinsic relaxation rate due to
difficulties inmeasuring it in vivo or creating a reliable blood phantom.
In Fig. 1b, blood relaxation rates for arterial blood with assumed
oxygen saturation of Y=100% are plotted up to 10 T taken from Lee et
al., 1999, Silvennoinen et al. (2003) and Zhao et al. (2007) (and
references therein). Note that, for simplicity, intrinsic relaxation rates
with no deoxy-Hb for all vascular compartments are assumed to be
equal to the arterial relaxation rates, i.e. the different hematocrit values
of blood vessels are ignored. The physical source of the discrepancy of
blood R2⁎ and blood R2 is not clear because it is expected that the
intravascular protons are in the motional narrowing regime and, thus,
both parameters should be similar. However, chemical exchange and
microscopic field gradients might again explain this discrepancy.

The experimental intrinsic arterial blood R2,0 data (Fig. 1b) can be
fitted with a linear function yielding:

R2;0;in = 2:74
1

Tesla � s � B0 − 0:6
1
s
: ð7Þ

For the R2,0⁎ curve, no fitting is necessary because at field strengths
higher than 4.7 T the blood contribution using GRE sequences is



Fig. 2. Monte-Carlo simulation results for tissue relaxation rate for different cylinder
diameters for both a) GRE and b) SE as a function of frequency on the surface of the
cylinder ΔνS. The frequency ΔνS is proportional to de-oxygenation and field strength.
The lines below the graph depict the ranges of frequencies for Y=95% to 45% for
each field strength. The relaxation rate is the average of the relaxation rates of
randomly oriented cylinders and is given per % of CBV. Additionally, the relaxation
rate for a cylinder with diameter=200 μm oriented perpendicular to the magnetic
field is shown (dark blue line).
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negligible due to high relaxation rates (see Fig. 1b). For 1.5 T, 3 T and
4.7 T, the arterial relaxation rate values can be taken directly from Fig.
1b and, for 4 T, the value can be linearly intrapolated between 3 T and
4.7 T, yielding a relaxation rate of 30.4 s−1.

For SE, intrinsic relaxation rates of arterial blood and tissue are
similar. As a consequence, contrary to venous blood where the
blood MRI signals disappear at high magnetic field, signals from
fully oxygenated arterial blood or blood with small amounts of
deoxy-Hb (found in arteries, arterioles and beginning sections of the
capillaries) will persist (see Figs. 3 and 4) even at a high field. This
is not to be confused, however, with the venous blood contribution,
which dominates the BOLD effect at low field strengths, but which
rapidly decreases with increasing magnetic fields due to strong field
dependence of blood T2 caused by the presence of large amounts of
deoxy-Hb. If a CBV change is ignored, blood signals can contribute
to the BOLD effect only when the T2 or T2⁎ of blood changes with
neuronal activity alterations. This occurs only in sections of the
vasculature where oxygen extraction occurs and downflow sections
that drain these vessels. Oxygen extraction typically occurs in
capillaries but some also exists in arterioles as well. However, with a
CBV change, all vascular compartments can contribute to the GRE or
SE fMRI signals; strictly speaking then, these fMRI signals will not
just be BOLD signal, since the BOLD effect refers to the con-
sequences of blood oxygenation.

Intravascular relaxation rate as a function of oxygen saturation using
blood phantom data

Asmentioned above, the IVwater ismuch closer to the source of the
paramagnetic inhomogeneity and, thus, it is more sensitive to the
presence of deoxy-Hb than the EV signal. Few attempts have been
made to numerically calculate IV relaxation rates for 1.5 T (e.g.
Boxerman et al., 1995a; Gilles et al., 1995). Fortunately, using blood
phantoms, the relaxation rate as a function of deoxy-Hb can
experimentally be determined and, at 1.5 T, 3 T and 4.7 T, this was
done most comprehensively by van Zijl and colleagues (Silvennoinen
et al., 2003; Zhao et al., 2007). In the following, the quadratic fit on the
experimental data for SE presented in these papers with no linear
component was taken (i.e. R2,in=C·(1−Y)2+A). Thus, for the
quadratic dependence of the relaxation rate on blood de-oxygenation,
the following values were adopted: for 1.5 T: C=21 s−1, for 3 T:
C=125 s−1 and 4.7 T: C=254 s−1. For simplicity, we took only the
results at one hematocrit (Hct) value (Hct=0.44 at 1.5 T and 4.7 T and
0.4 at 3 T). (Note that the constant A is equal to the intrinsic relaxation
rate R2,0 (i.e. relaxation rate of fully oxygenated blood) in Fig. 1b and
Eq. (7).)

In contrast, at 9.4 T Lee et al. (1999) found a linear relationship
between SE relaxation rate and blood de-oxygenation. However,
quadratic dependence of the relaxation rate changes on de-
oxygenation is also expected at 9.4 T: The relaxation rate depends
quadratically on the chemical shift which in turn depends linearly
on the magnetic susceptibility difference between the red blood
cells and blood plasma and, thus, the amount of deoxy-Hb. From the
data shown in Fig. 2 in the paper of Lee et al., and a forced quadratic
dependence on de-oxygenation, relative to Y=100%, the factor
C=1125 s−1 is obtained. Using the same argument, a quadratic
dependence on the magnetic field strength is also predicted, for
example, by the Luz–Meiboom exchange model (Duong et al., 2003;
Jensen and Chandra, 2000). Thus, a quadratic fit on the factors C at
different field strengths yields for R2,Hb,in data:

R2;Hb;in =
12:67

Tesla2 � s � B
2
0 � 1−Yð Þ2: ð8Þ

(Note that, the total intravascular relaxation rate R2,in is equal
to R2,0,in+R2,Hb,in with R2,0,in given in Eq. (7)). In Fig. 1c, resulting
SE blood total relaxation rates for arterial (Y=100%), capillary
(Y=77.5%, taken as an average over the capillary) and venous
(Y=60%) are plotted, for display purposes, only up to 10 T. The
plot for Y=100% is the experimental data that is already presented
in Fig. 1b.

The presented empirical model of IV BOLD signal differs from
the Luz–Meiboom exchange model in two ways: a) the intrinsic
relaxation rate R2,0,in (Fig. 1b) is field strength-dependent; and b)
relaxation rate is mono-exponential (i.e. relaxation rate constant
itself is not TE-dependent). Clearly, more experimental data on
blood relaxation rates at different oxygenation levels and field
strengths are needed.

For GRE, IV relaxation rate dependence on oxygenation, an
analytical formula only up to 4.7 T is needed (Silvennoinen
et al., 2003; Zhao et al., 2007) because the blood signal
for all vascular compartments is decayed away for realistic TE
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values at high field strengths. For 4 T, the coefficient was linearly
intrapolated.

R4
2;Hb;in = 25 � 1−Yð Þ2 1:5Tð Þ ð9aÞ

R4
2;Hb;in = 181 � 1−Yð Þ2 3Tð Þ ð9bÞ

R4
2;Hb;in = 262 � 1−Yð Þ2 4T; intrapolatedð Þ ð9cÞ

R4
2;Hb;in = 319 � 1−Yð Þ2 4:7Tð Þ: ð9dÞ

Extra-vascular relaxation rate as a function of oxygen saturation using
Monte-Carlo simulation

Water molecules undergo random motion and, thus, molecules
starting at the same location will spread out over time experiencing the
magneticfield gradients createdbyaparamagnetic substance, e.g. deoxy-
Hb, around a vessel. The spatial scale of the field gradient is proportional
to the vessel radius. Without diffusion, each spin remains at the same
location, and precesses in the same field offset for the entire duration till
echo time TE. In this case, the distribution of phases is directly
proportional to the distribution of field offsets (designated the ‘static
dephasing’-regime). In the limiting case of very rapid diffusion, each spin
wanders around the vessel, sampling the full range of field offsets
(designated the ‘motional narrowing’-regime). This reduces the phase
dispersion because all the spins have similar phase histories regardless of
their starting location at t=0. In short, diffusionmoderates the effects of
the field offsets, so the GRE signal is most attenuated for the static
dephasing regime and much less attenuated for the motional narrowing
regime. If field distortions are on a small enough scale, then diffusion
becomes important, the 180° RF pulse in a SE sequence does not fully
refocus thesignal, and there is attenuationof the SE signal. In contrast, the
EV signal around big vessels is re-focused by the 180° RF pulse employed.

To the best of our knowledge, there is currently no quantitative in
vivo experimental method to determine quantitatively for each
vascular compartment (arteriole, capillary …) separately their extra-
vascular contributions and relaxation rates as a function of oxygen
saturation. Thus, several papers have been published determining
these functions using computer simulations (Bandettini et al., 1995;
Boxerman et al., 1995a,b; Fisel et al., 1991; Fujita, 2001; Gilles et al.,
1995; Hoogenraad et al., 2001; Ogawa et al., 1993; Weisskoff et al.,
1992, 1994). The modeling results have partially been validated using
polystyrene microspheres or by comparison with the analytical
formulae derived for slow (‘static dephasing’) and fast diffusion
(‘motional narrowing’) regimes (Boxerman et al., 1995a; Boxerman et
al., 1995b; Gilles et al., 1995; Kiselev and Posse, 1999; Kjolby et al.,
2006; Weisskoff et al., 1992, 1994; Yablonskiy and Haacke, 1994).

The Monte-Carlo algorithm used in this study is similar to the
previously employed simulations to determine extra-vascular signals
mentioned above. Consequently, similar results were obtained,
whenever comparable susceptibility values and diameters for GRE
or SE were used (e.g. Ogawa et al., 1993; Boxerman et al., 1995a; Fujita,
2001). Briefly, in an infinite cylinder with a volume fraction a certain
CBV was assumed. It was shown previously, and confirmed by our
simulations, that relaxation rates are simply proportional to CBV
within the range of physiologically plausible CBV values. The field
distribution for the magnetic field outside the vessel can analytically
be calculated. The susceptibility-induced shift at the surface of the
vessel corresponds to a Larmor frequency shift ΔνS given by:

ΔνS =
Δχ0

4 � π � Hct � jYoff − Y jð Þ � γ � B0: ð10Þ

Δχ0=4·π·0.264 ppm is the susceptibility of blood with fully
deoxygenated blood, Hct=40%, and γ=2π·42.6 MHz/T is the
gyromagnetic ratio of protons. Note that a value of 4·π·0.264 ppm
for Δχ0 was recently experimentally determined (Spees et al., 2001)
and differs from the value of 4·π·0.18 and 4·π·0.31 ppm used in
earlier studies. Yoff is the O2 saturation that produces no magnetic
susceptibility difference between intravascular and extra-vascular
fluids, and is usually assumed to be one, as it was in earlier studies.
However, the intrinsic susceptibility of the extra-vascular space was
recently also reported to be the same as plasma for Yoff=0.95 (Spees
et al., 2001). This value was adopted in this study. Weisskoff and
Kiihne (1992) even found a value of Yoff∼0.8. Note that using other
values for Δχ0 and Yoff would result in a different Δνs(Yoff,B0) function
than utilized here. However, the results were not found qualitatively
to be sensitive to the exact value of Δχ0, demonstrating similar trends
with respect to the dependence on the magnetic field magnitude.
Quantitatively, there were significant differences in the magnitude of
the effects calculated, as would be expected. For example, the
magnitude of the spin-echo fMRI signal at 7 T changed from ∼2% to
∼3% to ∼3.5% when Δχ0 was varied from 4·π·0.18 to 4·π·0.264 to
4·π·0.31, respectively, for the casewhere the CBV changewas taken to
be zero (data not shown).

Nine different vessel orientations relative to the direction of the
main magnetic field (θ: 10°, 20°, 30°, 40°, 50°, 60°, 70°, 80°, and 90°)
were modeled and the results were added, weighted by the frequency
of their appearance in a randomly oriented vessel network (same
orientational weighting as in Ogawa et al. (1993):

S =

P
θ

S θð Þ sin θð Þ
P
θ

sin θð Þ :

At each time step, stochastically-distributed protons moved the
distance ℓ =

ffiffiffiffiffiffiffiffiffiffiffiffi
6DΔt

p
in a random direction. D=1 μm2/ms is the

diffusion coefficient for water in brain parenchyma (Le Bihan, 2003).
Diffusion was limited to the EV space which is physiologically plausible
given that the exchange time of water between EV and IV spaces is
thought to be ∼500 ms (Eichling et al., 1974; Paulson et al., 1977).
Dependingon the localmagneticfield, amagnetizationphasewasadded
at each time step. This procedurewas repeated until the TEwas reached.
For SE, the phase values of the proton spins were inverted at TE/2.

The signal decay was approximated with a mono-exponential
function within the interval from 16 to 40 ms (Ogawa et al., 1993). It
was previously reported that the initial part of the decay deviates from
a mono-exponential curve (e.g. see Yablonskiy and Haacke, 1994;
Kiselev and Posse, 1999; Fujita, 2001). Our simulations confirmed this
observation and also demonstrated that this deviation is larger for SE
than for GRE, increases with vessel diameter and diminishes with
increasing field strength. The mono-exponential fit and the real signal
decay of the EV signal as a function of oxygenation can largely be
matched to each other for different TE values. That is, on a logarithmic
scale, the fit and the real decay are just shifted versions to each other.
Thus, using a mono-exponential approximation instead of the real
decayed signal value results in an error of using a longer TE in the
simulations for EV signal compared to calculation of the IV signal.
However, the consequent error only results in small amplitude
changes for both micro- and macro-vasculature EV BOLD signal and,
thus, has a minor effect on the general results. For 7 T, for example, the
values for micro- and macro-vasculature were 2.2% and 1.2%,
respectively, using the mono-exponential approximation and 2.05%
and 1.05% using the real signal decay. Thus, the ratio of micro- vs.
macro-vasculature remains relatively unaffected. Given the uncer-
tainties in the other values for the estimation of the EV signal, e.g.
diffusion constant, average vessel orientation, vessel size, and the
relative small consequence of the mono-exponential assumption, in
the simulations presented in this paper, the mono-exponential
approximation of the signal decay is used as it allows deriving an
expression for the EV relaxation rate.
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The modeling was performed for cylinders with diameters ranging
from 2 to 200 μm. The results are plotted only for diameters=60–
200 μm (black), 16 μm (blue) and 5 μm (red) (Figs. 2a and b). In this
figure, the horizontal axis is a measure of the susceptibility difference
between the extra- and intravascular spaces, expressed as the
susceptibility-induced frequency change, ΔνS, on the vessel wall
surface. Note that relaxation rates for diameters between 16 to 200 μm
are almost identical for GRE but not for SE and, therefore, only one GRE
curve is shown representing all diameters within this range. Except for
small offset frequency values, the relaxation rates for SE function of
frequency offset obey the power law with the exponent 2/3 as
described in Kiselev and Posse (1999).

The assumption of random orientation is not true for larger vessels,
as surface vessels and tissue-penetrating arteries and veins are
oriented along one direction. To estimate the upper limit of the effect
of oriented vessels on BOLD signals, we report also extra-vascular
signal changes for 90° oriented blood vessels relative to the main
magnetic field B0 with diameter=200 μm (dark blue) (Fig. 2).

For GRE, the enhancement of the relaxation rate of extra-vascular
protons due to increasing ΔνS (Eq. 10) is larger for large and medium
(diameter 16–200 μm) sized vessels compared to small (5 μm
diameter) vessels (Fig. 2a). For 5 μm diameter vessels, the increase
in the relaxation rate with ΔνS is non-linear initially as previously
shown by modeling studies, but at high ΔνS values it also becomes
approximately linear and comparable to the relaxation rate of larger
vessels. For SE, the contribution to the extra-vascular relaxation rate
from blood vessels with diameter greater than 16 μm tends to level off
with increasing ΔνS whereas it continues to increase for 5 μm
diameter blood vessels (Fig. 2b). However, even for 5 μm diameter
blood vessels, the increase in R2 with increasing ΔνS starts leveling off
at very high ΔνS. All curves in Fig. 2 can be fitted by polynomials of
fifth or lower orders (see Table 2):

R 4ð Þ
2;Hb;ex = a � Δν5

S + b � Δν4
S + c � Δν3

S + d � Δν2
S + e � ΔνS + f

� �
� CBVi:

ð11Þ

(For GRE, analytical expressions for EV relaxation rates for medium
and large vessel sizes have been developed, see for example
Yablonskiy and Haacke (1994), similar in values to the results from
our Monte-Carlo simulations except for small susceptibility values.)
The biggest effect on the EV BOLD signal for GRE is from the large
vessels oriented perpendicularly to the main magnetic field; also, the
slope is higher for this vessel type and orientation. For SE, the slope is
highest for the 5 μm diameter vessels.

The ΔνS values in Fig. 2 (horizontal axis) do not directly
correspond to the magnetic field magnitude for all blood vessels.
This is because different vessel types will not all have the same
deoxy-Hb content and hence ΔνS in vivo at the same time, except
for the post-capillary venules and veins. Deoxy-Hb content increases
going from arteries, arterioles, capillaries, venules to veins (e.g.
decreased oxygen saturation Y=100%, 95%, 77.5% (averaged over its
length), 60%, and 60%, respectively). Thus, for a given magnetic field,
the higher ΔνS values have to be used the further downstream the
blood vessel is.
Table 2
Fitting coefficients for a polynomial of 5th order for the various vessel diameters for both G

R2,0
(⁎)=(a·Δν5+b·Δν4+c·Δν3+d·Δν2+e·Δν+ f)·CBVi

a [s4] b [s3] c [

HSE 5 μm −1.13e-11 0.96e-8 −
HSE 16 μm −1.92e-11 1.26e-8 −
HSE 60 μm −4.61e-12 3.15e-9 −
HSE 200 μm, 90° 1.47e-10 −
GRE 5 μm 5.04e-9 −
GRE 16–200 μm
GRE 200 μm, 90° −8.76e-10 7.2
Results

Physiological assumptions for the illustrations

In order to determine baseline and activation-induced intra- and
extra-vascular signals of each vascular compartment using the
equations given above, blood volume fractions and oxygenation values
have to be assumed. The exact values for volume and oxygenation are
currently a matter of intense research. Recently, the capillary CBV
fraction in the blood volume in the tissue (excluding pial vessels) in the
macaque visual areas was determined to be approximately 40%
(Weber et al., 2008) and we assume that venules occupy twice the
volume as arterioles. In the same study, total CBV in the tissue (again
excluding large pial vessels) was found to be between 2 and 2.5%.

Thus, for the following illustrations, the micro-vasculature is
defined as having a blood volume of CBVmicro-vasculature=2.5%
consisting of arterioles (20%·CBVmicro-vasculature), capillaries
(40%·CBVmicro-vasculature) and venules (40%·CBVmicro-vasculature). For
simplicity, we assume a single diameter for each vessel type (see
Figs. 2a and b): dcapillary=5 μm; and darteriole/venule=16 μm. The
diameter we take for capillaries is in exact agreement with the
diameter of 5.1±0.81 reported by Pawlik et al. (1981) in the cat
cortex. For GRE, the exact value of arteriole/venule diameter is not
very important as the EV BOLD signal is relatively insensitive to the
diameter (see Fig. 2a) much beyond the capillary scale. For SE,
however, a larger average diameter yields a decrease in the EV
BOLD signal contribution of this vessel type (see Fig. 2b) (see
Discussion section). In our definition of the micro-vasculature,
intracortical arteries and veins (with typically diameters of 20 to
120 μm) that run perpendicular to the cortex are excluded since
they degrade the local specificity of the BOLD signal as oxygenation
changes in one layer propagates into another layer via these vessels
(Duvernoy et al., 1981).

To estimate the relative BOLD signal magnitude of a draining vein
within or on the surface of the cortex (i.e. BOLD signal due to macro-
vasculature) was defined as originating from a d=200 μm vein and
oriented orthogonal to B0 (see Figs. 2a and b) and assumed to have a
larger blood volume value of CBVvein=5%. Note that, in order to
determine the maximal effect of macro-vasculature, in contrast to the
micro-vasculature which is randomly oriented, the vein is taken to be
orthogonally oriented to the external magnetic field. Experimentally,
the exact values of CBV for micro- and macro-vasculature will depend
on voxel size and position (e.g. partial voluming with white matter
and CSF).

For baseline oxygen saturation, following Vovenko (1999),
average saturation values of Yarteriole=95%, and Yvenule=Yvein=60%
and Ycapillary=(Yarteriole+Yvenule)/2=77.5% were chosen. (Note that
arterial oxygenation is 100% but arteriolar oxygenation during baseline
is assumed to be 95% throughout the entire text.) In the capillaries, we
approximated the progressive decline in blood oxygenation level from
the arteriole down to the venous oxygenation statewith the average of
these two values. Similarly, the low level oxygen extraction that exists
at the arteriolar level would lead to a gradient along the length of the
arteriole, which is also approximated by a single average value. During
RE and SE shown in Figs. 2a and b.

s2] d [s] e f [1/s]

3.22e-6 4.90e-4 −3.58e-3 0.0175
2.89e-6 2.51e-4 0.0067 −0.0382
8.08e-7 9.13e-5 2.11e-4 −2.22e-3
9.77e-8 2.41e-5 −1.10e-4 4.91e-4
3.05e-6 6.17e-4 −8.02e-4 −0.005

−3.56e-6 0.0453 −0.194
9e-6 −3.42e-5 0.0717 −0.166
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functional activation, oxygenation values change to: Yarteriole=100%,
Yvenule=Yvein=70% and Ycapillary=(Yarteriole+Yvenule)/2=85%. Note
that, given the Eqs. (1–11), results for voxel blood volume composition
and oxygenation values other than those used in the illustrations
below can easily be calculated.

The BOLD signal change is modeled for an oxygenation change
accompanied either by a CBV change in the micro-vasculature or
without a CBV change. Because we want to determine an upper
estimate of the effect of the draining vein effect and because CBV
increase leads to a decrease in BOLD signal, no CBV change of the large
vein is assumed. Although pial vessels do show some CBV change, in
studies with the intravascular contrast agent MION, CBV change
measured in layer IV, attributed to micro-vascular CBV change, was
found to be larger than the CBV change in surface vessels (Smirnakis
et al., 2007; Yacoub et al., 2006; Zhao et al., 2006). For simplicity, in
each vascular compartment of the micro-vasculature, the same
fractional CBV change of 16.6%, as suggested previously by Vanzetta
et al. (2005), is assumed, corresponding to a 50% blood flow change
under Grubb‘s law (Grubb et al., 1974).

The cases without a CBV change correspond physiologically to
hyperoxia experiments as it was suggested that even 100%-O2

hyperoxia would only decrease CBF by maximally 10% (Chiarelli et
al., 2007). During functional experiments, it was proposed that CBV
change occurs mostly in arteries/arterioles (Duong and Kim, 2000;
Kim et al., 2007). Because the arteriole contribution to the BOLD signal
is actually small (see red curves in figures below), both scenarios
(hyperoxia with no CBV change or CBV change dominated by the
arteries/arterioles) would yield similar results.

Illustrations

Given these assumptions, Figs. 3a and b plot the intra- and extra-
vascular fMRI signal contributions for a vein (200 μm, 90° relative to
B0, the maximum effect), arterioles (16 μm), capillaries (5 μm) and
venules (16 μm) without (dashed lines) and with (solid lines) a CBV
change for SE at TE equal to tissue T2 (T2,tissue values are indicated by
the open circles in Figs. 5a and b) as a function of magnetic field
strength. The higher the field strength, the shorter is the TE employed.
Here and in the following, the calculations were performed for 1.5 T,
3 T, 4 T, 4.7 T, 7 T, 9.4 T, 11.7 T and 16.4 T.

A CBV increase has the effect of increasing the amount of protons in
the blood vessels and, hence, a larger IV fMRI signal increase. In the
following, if not otherwise stated, the results given in brackets are
without a CBV change (dashed lines). For field strengths b7 T [or b8 T],
the largest IV fMRI signal for the SE (Fig. 3a) contribution comes from
the vein. Please note that the vein contribution does not have a solid
line plot in this figure, since, for this vessel size, no volume changewas
assumed. In the micro-vasculature consisting of arterioles, capillaries
and venules, the capillary IV fMRI contribution is greatest for field
strengths larger than 3 T [4 T]. Note that there is also a non-negligible
IV fMRI contribution for arterioles. At field strengths up to 5 T, the total
IV fMRI signal (see also Fig. 3c) is dominated by veins and, thus, an
increase of capillary and overall micro-vasculature weighting can be
achieved by using diffusion gradients. One must be aware, however,
that using diffusion weighting at 1.5 T might result in a total fMRI
signal that is too small to be detected as previously shown
experimentally (Boxerman et al., 1995a; Song et al., 1996).

In Fig. 3b, the EV fMRI signal contributions for SE are plotted. In the
following, tissue fMRI signal is defined as the total fMRI signal without
any IV contribution, i.e. it takes into account both the change in EV
relaxation rate and the amount of protons left in the tissue
compartment of the voxel as a consequence of the CBV change (see
below). That is, tissue fMRI signal as defined here is total EV BOLD
signal multiplied by (1−CBV) (see Eqs. (1) and (3)). Note that the
scaling in Fig. 3b is larger than in Fig. 3a. A CBV increase (solid lines)
decreases the tissue fMRI signal because of the (1−CBV) terms as the
amount of protons in the extra-vasculature is decreased. The
capillaries are the largest tissue BOLD contributor in the micro-
vasculature for N5 T [N7 T]. For lower field strengths, venules
contribute most to the MRI signal. The arterioles contribute negatively
to the BOLD signal because its baseline oxygenation (Y=95%) is
chosen to be the same as the oxygen saturation for which there is no
susceptibility effect in the EV volume.

Total IV signals relative to the total fMRI signal for SE for micro-
vasculature only, macro-vasculature only and both together are
plotted in Fig. 3c (with CBV change, solid lines in Figs. 3a, b). Note
that not only the IV signal but also the total fMRI signal is calculated
from contributions for micro-vasculature only, macro-vasculature
only and both together. With increasing field strength, the IV
contribution is between 94% and 98% at 1.5 T and decreases to a
value between 7% and 11% at 16.4 T. Interestingly, the relative IV
contribution is not very sensitive to the vascular composition.

The total fMRI signal of the micro-vasculature (black lines) in SE
approximately doubles with the field strength (Fig. 3d) (solid line)
and levels off after ∼7 T in the presence of a CBV increase, while it
continues to increase when CBV remains unaltered in this compart-
ment (dashed line). This strong effect of CBV on the field
dependence of the SE microvascular contribution to functional
signals comes from two effects. First, as in GRE, increasing CBV
means an increase in the total amount of deoxy-Hb in the voxel
leading to decreased effective T2 in the extra-vascular space and
hence a decrease in EV BOLD and a decrease in function-induced
signal change. However, there is a second, more significant,
mechanism operational. Namely, when CBV increases, tissue water
decreases and the blood water increases, with the total amount of
water in the voxel staying constant. However, this conservation of
mass is not applicable to the MR signal. While the decrease in tissue
water content corresponds to a decrease in tissue water signals,
increase in blood volume does not have a commensurate compensa-
tion at high fields. As the field increases, the blood water signals in
deoxy-Hb containing vasculature decay more rapidly relative to the
tissue signals due to their ever shortening T2 with increasing
magnetic field. In other words, the displacement and consequent
loss of tissue signal due to an increase in CBV is magnetic field
independent when data are acquired at TE approximately equal to
tissue T2. But, the corresponding increase in IV signals from the
increased CBV is field dependent, especially for capillaries and post-
capillary vessels, and decreases with increasing magnetic field (Fig.
3a) when TE≈ tissue T2 and longer than the blood T2. At the
extreme condition, when the blood signals of deoxy-Hb containing
compartments virtually vanish due to this T2 decay even in the
functionally activated state, this effect becomes analogous to the
VASO mechanism (Lu et al., 2003). In VASO, the IV signal is
intentionally nulled using an inversion pulse and an appropriate
delay subsequently, so that an increase in function-induced CBV
simply leads to a decrease in extra-vascular signal without a
commensurate increase in blood signals. The same effect happens
naturally at high enough fields even without the inversion pulse to
actively suppress the blood signals when the deoxy-Hb containing
blood T2 is sufficiently shortened relative to the tissue T2 even in the
activated state. Thus, at high fields, the CBV increase counteracts the
signal change that originates from EV BOLD due to the elevation in
oxygen saturation with increased neuronal activity.

The impact of this mechanism, therefore, will strongly depend on
where the CBV increase takes place. In these simulations, when the
CBV increase is considered, it is assumed to affect capillary, arteriole
and venule components. If the CBV increase is mainly arteriolar, as
previously suggested (Kim et al., 2007), then the capillary and venule
contributionwill followmore the dashed lines in Figs. 3a,b,d instead of
the solid lines. A similar cancellation effect is not operative for these
calculations in the macro-vascular contribution because for these
calculations, CBV was assumed to be constant.



Fig. 3. Simulation results for SE fMRI and echo time TE=T2,tissue as a function of field strength: a) Intravascular (IV) signal contributions for arteriole (brown), capillary (red), venule
(light blue) and vein (dark blue) with (solid lines) and without (dashed lines) a cerebral blood volume (CBV) change. b) Extra-vascular (EV) MRI signal for the various vascular
compartments. c) IV fMRI signal relative to the total fMRI signal for micro- (light gray), macro- (dark gray) vasculature or both together (black). d) Total fMRI signal for micro- (black)
and macro-vasculature (pink).
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With or without a micro-vascular CBV change, the micro-vascular
SE fMRI signal is significantly larger than the macro-vascular SE fMRI
signal for N4 T and N3 T, respectively (Fig. 3d). The total SE fMRI
signal of the macro-vasculature (pink line) has a local minimum at
about 8 T, mainly due to the vanishing intravascular contribution
(Fig. 3a), and increases due to extra-vascular effects with further
increases in field strength. Because of this, an increase in magnetic
field strength beyond a certain value does not necessarily imply a
larger relative micro-vasculature weighting (see Fig. 4). When
comparing the micro- vs. macro-vascular ratio, it should be
remembered that the macro-vascular contribution was considered
under conditions that maximize it, namely a blood vessel with a 90°
orientation to the static field, twice as much blood volume as the
micro-vasculature, and no CBV change.

The relative BOLD contribution of themicro- vs. macro-vasculature
can be changed by altering TE. In Figs. 4a and b, the ratio of micro- vs.
macro-vasculature is shown as a function of TE and field strength for
the case without (Fig. 4a) and with (Fig. 4b) a CBV change for SE fMRI.
Red colors indicate a higher relative micro-vasculature contribution;
blue colors a lower relative micro-vasculature contribution. Tissue T2
values are indicated by open circles. In general, micro-vasculature vs.
macro-vasculature weighting is increased for TENT2,tissue (except for
16.4 T). Note, however, that a larger TE value is associated with a lower
SNR value; therefore, the optimum TE for micro-vasculature weight-
ing might not always be recommendable in a real fMRI experiment.
There is a maximum of micro-vasculature weighting between 4 T and
9 T and TENT2,tissue. At 7 T, for example, an increase of TE by 20 ms
increases the relativemicro-vasculatureweighting by 50% (Fig. 4a). As
argued above, a CBV change has a negative contribution to the tissue
fMRI signals and we assumed no CBV change in the macro-
vasculature. The relative micro-vasculature contribution is smaller
when a CBV change only in this compartment but not in the macro-
vasculature is assumed (Fig. 4b).

In Figs. 5a and b, the EV fMRI and total fMRI signals for GRE at
optimum TE with and without CBV changes are plotted. For all field
strengths, the macro-vasculature dominates over the micro-vascula-
ture significantly. In Fig. 5c, the ratio of the IV fMRI signal relative to
the total fMRI signal is shown. It is zero for field strengths larger than
4.7 T as even the arterial IV signal is decayed away at optimum TE (see
Fig. 1b). The minimumvalue of relative IV fraction for GRE fMRI signal
is determined by the macro-vasculature and the maximum by the
micro-vasculature. For micro-vasculature, the model predicts a
relative IV contribution to the total GRE fMRI signal of ∼57% at 1.5 T.
For 3 T, 4 T and 4.7 T the relative IV contribution is 36%, 11% and 5%,
respectively, if only micro-vasculature is considered. For macro-
vasculature, the values at 1.5 T, 3 T, 4 and 4.7 T are: 11%,11%, 3% and 1%.
Fig. 5d is plotted in the same way as Fig. 4b, but for GRE instead of SE.
Note that the color scaling is different in this figure. As can be seen, for
GRE sequences, there is no TE value at any field strength for which a
higher micro-vasculature than macro-vasculature weighting is
achieved. Although the general conclusions would not be altered for
GRE fMRI signals, again it should be remembered that the macro-
vascular effects were calculated under conditions that maximize them
and will not be applicable for all voxels in vivo.

Discussion

Different water (proton) pools inside blood vessels and in tissue
contribute to the total MRI signal. How the different sources add both
intrinsically and as a function of blood oxygenation and volume, and
how their relative fractions change with magnetic field or spin
preparation is a complex subject. Here, we describe a quantitative



Fig. 4. a) For SE, ratio of micro- vs. macro-vasculature as a function of both TE and
magnetic field strength without a CBV change. Open circles indicate tissue T2. b) is same
as a) but with a CBV change. Color scale indicates the ratio of the SE fMRI signal changes
of micro- vs. macro-vasculature. Red colors indicate higher micro-vasculature
contribution; blue colors a lower micro-vasculature contribution. Highest micro-
vasculature contribution is for field strengths between ∼4 and ∼9 T and for TENT2,tissue.
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integrative model of the fMRI signal by providing expressions for IV
and EV relaxation rates for GRE and SE sequences up to 16.4 T with no
deoxygenated hemoglobin and as a function of blood oxygenation and
volume. These formulae were derived from published experimental
data and, for the oxygenation dependence of the overall fMRI signal
ascribed to the EV BOLD mechanism, from Monte-Carlo simulations.
This integrative model of the BOLD signal was applied on hyperoxia
and functional stimulation to investigate the effects of different
contributions to the fMRI signal and its spatial specificity.

Micro- vs. macro-vasculature

In general, there is no parameter set (e.g. TE, main magnetic field
strength) for which GRE fMRI is weighted more towards micro- than
macro-vasculature (see Fig. 5). However, for SE, for field strengths
larger than 3 T, strong micro-vascular weighting can be achieved (see
Fig. 4). It was found that the largest micro-vascular weighting is for
field strengths between 4 T and 9 T. The reasons for the maximal
micro-vasculature specificity between 4 T and 9 T are: i) the IV signal
of veins enhances the macro-vasculature weighting at field strengths
b5 T (see Fig. 3a) and ii) at a very high field strength, for which the EV
BOLD signal contributes most to the total fMRI signal, the EV BOLD
signal for large veins and capillaries increases proportionally (see Fig.
3b). The reason for this is that while at lower fields, the capillary EV
BOLD effect is in the fast diffusion averaging limit, and hence increases
supralinearly, at very high magnetic fields this is no longer the case;
instead, as in large vessels, even the capillary EV BOLD effect becomes
approximately linearly dependent on the field strength, as can be seen
in Figs. 2a and b. At first glance, the latter observation seems to
contradict earlier results (e.g. Ogawa et al., 1993) predicting a
quadratic dependence on oxygenation for capillaries and linear
dependence for larger vessels. This apparent discrepancy is due to
the smaller range of frequency differences induced by the suscept-
ibility gradient values used in earlier studies: for the same suscept-
ibility value range, identical results are in fact obtained. In addition,
using TENT2 of tissue increases micro-vasculature weighting which is
due to larger IV than tissue relaxation rates.

These results are in good agreement with experimental data
described previously investigating laminar specificity of the fMRI
signals at 4.7 T, 7 T and 9.4 T showing that for GRE fMRI signals peak at
surface vessels whereas SE fMRI peaks also in laminar layer IV (Goense
and Logothetis, 2006; Goense et al., 2007; Harel et al., 2006a; Zhao et
al., 2004, 2006). However, one recent study even showed that fMRI
signal maxima, albeit not a very steep one, in middle laminar layers is
observable in humans at 3 T using a surface coil and multi-shot
segmented GRE imaging allowing high spatial resolution (∼0.6 mm
isotropic voxels) whilst conserving the read-out and echo time
necessary for optimal BOLD contrast (Ress et al., 2007). This is quite
surprising, because in the animal studies described above and also in
the model, GRE sequences showed a surface vessel weighting even at
higher field strength. The animalmodel studies, however, also indicate
that if the regionof cortical surface is avoided, an fMRI signalmaximum
in themiddle layers can be detected. Thus, one possible reason to have
achieved laminar resolution with GRE sequence at 3 T is that the
authors used high resolution isotropic voxels reducing partial volume
effectswithveins, andcareful non-standardanalysis, aswell aspossibly
avoiding cortical surface region with large pial vessels.

In addition, the integrativemodel predicts that, for SE, in a hyperoxia
experiment (i.e. oxygenation change with no CBV change) a higher
micro-vasculature weighting is obtained than in a functional activation
experiment (i.e. oxygenation change accompanied by a CBV change)
(see Figs. 3 and 4). This follows immediately from the assumption that
the CBV change occurs in micro-vasculature; this decreases the tissue
volume and hence the tissue contribution to the overall signal of that
voxel when blood T2 is less than the tissue T2. This contribution is of
opposite sign compared to the EV BOLD signal due to increased
oxyhemoglobin content of the blood induced by hyperoxia. In addition,
increased CBV itself has a negative effect on the EV BOLD mechanism,
which reduces the EV BOLD contribution that is attained simply by
decreasing deoxy-Hb concentration in the blood without an accom-
panying CBV increase. Hyperoxia predominantly changes oxygenation
whereas functional stimulation acts on both oxygenation and volume.
That is,whencomparinghyperoxiawith functional stimulation, one can
experimentallydetermine the laminar spatial locationof the largestCBV
change during functional activation. In addition, the prediction that the
micro- vs. macro-vasculature ratio and therefore the laminar distribu-
tion changeswith TE can be experimentally tested. However, to the best
of our knowledge, this has not yet been done systematically.

Nonetheless, one should be aware that the discussion of relative
contribution of micro- and macro-vasculature does not address the
question of physical point-spread-function (PSF) of MRI (e.g. Shmuel
et al., 2007). In order to study PSF of GRE and SE at each field strength,
MRI signal changes in one voxel created by a vessel which is located in



Fig. 5. Simulation results for GRE and TE=T2⁎tissue as a function offield strength: a) EV fMRI signal for arteriole (brown), capillary (red), venule (light blue) and vein (dark blue)with (solid
lines) andwithout (dashed lines) aCBV change.b)Total fMRI signal formicro- (black) andmacro-vasculature (pink).Note that, for better visibility, theEVand total fMRI signal of theveins in
a)andb)havebeen rescaledbya factorof 5. c) IV fMRI signal relative to the total fMRI signal formicro- (lightgray),macro- (dark gray)vasculatureorboth together (black). d)Ratioofmicro-
vs. macro-vasculature as a function of both echo time TE and magnetic field strength. Open circles indicate tissue T2⁎.
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a different voxel have additionally to be determined. This is beyond
the scope of the present study. Currently, we are trying to answer this
question using a one-cylinder and realistic vessel architecture model.

Intra- vs. extra-vascular

As mentioned above, the IV signal can experimentally be
attenuated by employing diffusion-weighting bi-polar gradients
(Boxerman et al., 1995a; Duong et al., 2003; Le Bihan, 2003; Lee et
al., 1999, 2002; Song et al., 1994, 1995, 2003). At relatively low b-
values typically employed in BOLD studies, the intravascular signals
are suppressed or even eliminated due to inhomogeneous blood flow
within the blood vessel and, in the case of the micro-vasculature,
random orientation of different blood vessels. The higher the b-value
of the gradients, the lower would be the requirement of flow
inhomogeneity within a vessel or within a voxel to suppress the
flowing spins. Thus, the amount of suppressed IV signal will depend
on the b-value and the blood volume composition determined by the
voxel position. The experimental values must therefore be regarded as
lower estimates of the IV contribution because not all of the IV signal
may have been destroyed by the diffusion weighting gradients. In
some studies, a range of b-values were employed, leading to an
assessment of how complete the suppression of intravascular signals
was. A further complication comes from the fact that diffusion-
weighting gradients also suppress inflow effects in fMRI signals.
Without an independent assessment of this effect or experimental
conditions where such inflow effects are diminished or even
eliminated, diffusion-weighting studies would tend to overestimate
the blood contribution. As a consequence, a rigorous comparison of
modeling data with experimental data is not feasible and the
comparisons must remain qualitative.

Our integrative GRE fMRI model predicts that, for macro-
vasculature (vein oriented orthogonal to the main magnetic field
and at twice the CBV volume as micro-vasculature), the EV BOLD
signal using GRE sequence dominates at all field strengths. Therefore,
the relative IV contribution is very low (see Fig. 5a). For micro-
vasculature, the model predicts a relative IV contribution to the total
GRE BOLD signal of ~57%, 36%, 11% and 5% at 1.5 T, 3 T, 4 T and 4.7 T,
respectively (see Fig. 5c) for TE=tissue T2. That is, the minimum
value of relative IV fraction for GRE BOLD signal is determined by the
macro-vasculature and the maximum by the micro-vasculature.

These theoretical predictions can qualitatively be compared with
previously published experimental findings. FMRI diffusion-weighted
experiments at 1.5 T using GRE have shown that at least 2/3 of the
fMRI signal change is of intravascular origin (Boxerman et al., 1995a;
Lu and van Zijl, 2005; Song et al., 1996), which lies close to the
maximumvalue predicted by themodel. For GRE at 4 Tand 7 T, little or
no suppression of the total MRI signal by diffusion weighting was



Fig. 6. a) For SE, tissue (red line) and total (tissue and intravascular signals together,
black line) fMRI signal as a function of TE for 4 T (solid lines) and 7 T (dashed lines).
Negative intercept of tissue fMRI signal indicates the effect of CBV-induced reduction of
water molecules in the extra-vascular space as in the VASO effect (Lu et al., 2003).
Diverging tissue and total fMRI signals indicate the significant presence of blood signals
at 4 T and less so at 7 T. b) Ratio of SE fMRI signal at 7 T vs. 4 T as a function of TE with
(black line) and without (red line) inclusion of intravascular signals, predicted from the
model. Also shown are the experimental values (squares) taken from Fig. 3 in Yacoub et
al. (2003) obtained from the visual cortex during photic stimulation with and without
diffusion weighting (i.e. with and without suppression of the IV signals, respectively),
showing excellent agreement with modeled data. The 7 T/4 T SE fMRI signal ratio for
both cases, i.e. with andwithout diffusionweighting, is almost independent of TE in this
TE range with diffusion weighting resulting in higher ratios due to higher IV
contribution at 4 T.
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observed at long TE values and this observationwas independent of b-
values in the range 0 to 500 s/mm2 (Duong et al., 2003). This indicates
that negligible IV signal was present in GRE fMRI when long TEs were
employed at each field strength (55ms at 7 Tand 80ms at 4 T) (Duong
et al., 2003). However, such long TE values are not typically used for
gradient echo experiments at these field strengths. Nevertheless, they
do demonstrate that at such long TE values, intravascular signals are
virtually eliminated at these magnetic fields in GRE studies, consistent
with the predictions of our simulations.

With respect to IV contributions obtained using a SE sequence, the
focus has been in venule and vein contributionwith the largest deoxy-
Hb effect. This contribution increasingly diminishes at high magnetic
fields, as expected (see Fig. 3a). However, this does not necessarily
mean that the total IV contribution disappears with increasing field
strength. Instead, as indicated by our simulations (see Fig. 3a), the IV
BOLD signal from blood vessels with high blood oxygenation
(arterioles, capillaries) persists (Silvennoinen et al., 2003). This,
however, is not detrimental to spatial specificity of SE fMRI. While IV
contributions from veins are expected to degrade spatial specificity,
capillary blood contributions, and to a lesser extent arteriolar
contributions, will certainly be more spatially specific.

There are considerably more experimental studies examining the
IV contribution in SE BOLD-based fMRI signals. The relative IV
contribution to the total SE fMRI signal is less sensitive to the vascular
composition (i.e. the voxel's position) than GRE (see Fig. 3c). For SE at
3 T, half of the BOLD signal has experimentally been found to arise from
IV (Norris et al., 2002) of which 30–40% stems from the micro-
vasculature (Jochimsen et al., 2004); from the model, the IV
contribution to the total SE fMRI signal is expected to be slightly
higher. This is consistentwith the experimental data because it is likely
that vascular signals were not completely eliminated by the b-value
employed (see Fig. 3c). At 4 T and 7 T for TE=32 ms, ∼70% and ∼20%,
respectively, of the total SE fMRI signal could be suppressed with
diffusion gradients (Duong et al., 2003); again, this is in agreement
with the predictions of our simulations. At TE=65 ms and 55 ms,
respectively, diffusion weighting could only suppress 20% of the SE
fMRI signal even at very high b-values at bothfield strengths indicating
that the IV signal had already decayed away at these TE values; these
results, however, were obtained on 2 subjects. A more detailed follow-
up study with eight subjects and 16 measurements by the same group
later reported essentially identical results at 7 T, but with a somewhat
greater blood contribution relative to the total function-induced signal
change at 4 T (∼40%) when TE was equal to tissue T2 (Yacoub et al.,
2003). This is in agreement with our simulations.

The study by Yacoub et al. (2003) presented detailed experimental
data on activation-induced percent signal change as a function of TE
for SE fMRI, with and without diffusion gradients, and at 4 T and 7 T.
This large body of experimental data can accurately be predicted from
our model with excellent quantitative agreement (Fig. 6). Using the
model presented in the current study, we have calculated the TE
dependence of the total fMRI signal with and without IV contributions
and in the presence of a micro-vascular CBV increase at both 4 T and
7 T (see Fig. 6a). This should be compared with Fig. 2 in Yacoub et al.
(2003), with total fMRI signals with and without IV contribution
corresponding to experimentally measured percent changes with and
without diffusion weighting gradients, respectively. In general, the
experimental data and the modeling predictions are in excellent
agreement. The only difference is the zero intercept of the experi-
mental data without the diffusion weighting gradients both at 4 T and
7 T. This non-zero positive intercept can arise from the presence of
significant inflow effects and from a TE-independent, T2⁎ contribution
coming from the EPI k-space coverage, and was ascribed to these
effects by Yacoub et al. Naturally, neither of these experimental
problems is present in the modeling data. The diffusion weighting
gradients will abolish the inflow effect but not the T2⁎ in the
experimental study. In the presence of the diffusion weighting
gradients (i.e. no IV contribution), however, the model would predict
a negative intercept that is independent of the field strength. This
negative intercept comes from the displacement and hence the
reduction of the tissue signals in the voxel by the expanding vascular
space which, however, is devoid of any signals when the IV
contribution is eliminated, i.e. the VASO like mechanism previously
discussed (Lu et al., 2003). This is exactly what is observed in the
experimental data. Furthermore, the magnitude of this negative
intercept as a % signal change should simply be equal to the product of
the fractional increase in CBV and the CBV/(tissue volume) ratio. In
our modeling, this is approximately −0.4%, again, in excellent
agreement with the experimental data in Fig. 2 shown in Yacoub et
al. (2003). Thus, assigning the positive non-zero intercept of the SE
fMRI signals in the absence of diffusion weighting in Yacoub et al.
(2003) to largely inflow effects that would be eliminated with
diffusion weighting yields excellent quantitative agreement with the
modeling results.

Among the interesting features that are predicted by the model
(Fig. 6a) and experimentally observed (Fig. 2 in Yacoub et al. (2003))
is the fact that for 7 T but not for 4 T, the difference between the
diffusion-weighted (b=100 s/mm2) vs. non-weighted (b=0 s/
mm2) data were approximately the same at all TE values greater than
approximately 40 ms to 50 ms. This is expected when blood signals
are already negligible at TE of 40 ms to 50 ms or longer, which is
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expected for 7 T but not for 4 T. In Fig. 6b, the ratio of the total SE
fMRI signal at 7 T vs. 4 T predicted from our model with (red line)
and without (black line) diffusion weighting, i.e. without and with IV
signal, respectively, is depicted as a function of TE. For TE b40 ms,
there is a singularity when the diffusion-weighted BOLD signal at 4 T
is zero; thus, the plot is only shown for values TE N40 ms. Also shown
in this figure are the experimental values taken from Fig. 3 in Yacoub
et al. (red and black squares corresponding to without and with
diffusion weighting, respectively). The agreement between the
model and experimental data is excellent, especially without
diffusion weighting when the IV signals are included in the total
fMRI signals. The ratio for both cases with and without diffusion
weighting is quite insensitive of TE and, because of larger IV signal
contribution at 4 T compared to 7 T, diffusion weighting increases
this ratio. The results also illustrate that in the 4 T to 7 T range, when
the blood contribution is suppressed, the SE fMRI signals increase
supra-linearly approaching the quadratic range predicted for micro-
vasculature. Beyond this field strength, however, the field depen-
dence of the increase is not as steep according to our simulations.
This remains to be tested experimentally.

Our modeling results are also consistent with the suggestion that
diffusion weighting can improve spatial specificity. For magnetic field
strength lower than 5 T, the IV BOLD signal contribution of the vein for
SE is predicted to be larger than of venules and capillaries together;
therefore, a diffusion weighting yields a larger micro-/macro-
vasculature ratio in the total BOLD signal (see Figs. 3a and 4a).

In summary, a comparison of the experimental diffusion-weighted
results for both GRE and SE with the predictions of our simulations
yields a good agreement between them. However, experimental data
on fMRI signals with and without diffusion weighting at various field
strengths are sparse. Thus, more data systematically testing the
relative IV contribution at various field strengths for both GRE and SE
as a function of the voxel's blood volume composition is needed to
further validate the theoretical model.

An interesting incidental finding of the model is that the EV BOLD
signal of the arterioles is negative. The reason for this effect is that at
baseline oxygenation values of arterioles (Y=95%), there is no
magnetic susceptibility difference between blood plasma and tissue
(see Spees et al. (2001)). Therefore, an increase of the arteriolar oxygen
saturation to 100% creates susceptibility difference between blood and
tissue, thus decreasing the BOLD signal. This effect potentially
contributes to the so-called ‘initial dip’ undershoot (for an overview
see Buxton (2001) and Ugurbil et al. (2003). However, this notion
remains to be experimentally tested. These conclusions would of
course quantitatively change if the susceptibility difference between
fully deoxygenated blood and tissue is taken to be different from the
value we have employed based on the data by Spees et al. (2001).

Limitations of the modeling

In our modeling, baseline oxygenation values and blood volume
fractions and their respective changes during hyperoxia and func-
tional stimulation have to be assumed, which were physiologically
motivated: baseline oxygenation values were derived from Vovenko
(1999), baseline total and capillary CBV fromWeber et al. (2008) who
studied the primate visual cortex. However, the exact values depend
on species, brain regions, physiological state, partial volume effects
with cerebrospinal fluid and white matter. Note that, nevertheless,
given the Eqs. (1–11), results for other voxel blood volume composi-
tion and oxygenation values can easily be calculated.

There are some limitations to the model to be mentioned. The
equations for the tissue and blood intrinsic relaxation rates were
derived from experimental data. However, very little published data is
available at high field strengths, and the experimental results that are
available are quite variable, resulting in some differences between
data obtained from the fit and experimental data for a given field
strength. For example, the T2 for tissue was reported to be 55 ms for
7 T (Yacoub et al., 2003), but from the fit of all available T2 data we
obtained a T2 of 45 ms for 7 T and used this for the calculations (e.g.
see Figs. 4 and 5); future studies will hopefully improve the accuracy
of these expressions. In addition, in deriving the Eqs. (7–9a–d) for
blood relaxation rates as a function of oxygenation, we had to rely on
only a few studies (Lee et al., 1999; Silvennoinen et al., 2003; Zhao et
al., 2007). Here, again, more studies, especially at high magnetic field
strengths, are needed to validate the expressions given here. More-
over, for the IV signal, we have taken the values for the relaxation rate
for one hematocrit value (Silvennoinen et al., 2003; Zhao et al., 2007)
and ignored changes in hematocrit during oxygenation changes.
However, using different hematocrit values for each vascular
compartment and including hematocrit changes has only a minor
effect on the results and, qualitatively, does not alter the conclusions
(data not shown). The IV relaxation rates have been taken from blood
phantom or sample measurements. It is not clear how representative
these values are given that blood vessels are organized in a random
network. Theoretically, for GRE, the issue of changing relaxation
properties by a random network has been investigated by Sukstanskii
and Yablonskiy (2001).

Furthermore, the intrinsic tissue relaxation rates (Fig. 1a) were
taken from measured total MRI relaxation rates (excluding pial
vessels) instead of, ideally, from tissue with 100% blood oxygenation.
Numerical estimation yields that this error in intrinsic tissue
relaxation rate is maximally at 16.4 T and is 10% (data not shown).
Given the uncertainties in the experimental values and subject, brain
area and scanner variations, thus, this approach yields valid estima-
tion of intrinsic tissue relaxation rates.

In addition, for simplicity, only one average diameter of the vessel
representing each vessel type was used. However, in the modeling, we
calculated the relaxation rates for diameters between 2 and 200 μm
and can provide these data to interested readers. For the EV BOLD
signal using GRE, this assumption has little impact because different
vessel sizes have similar relaxation rates (see Fig. 2a), except for low
main magnetic field strength. For the EV BOLD signal using SE, the
relaxation rates depend more on vessel size. Using, for example, an
average vessel diameter larger than 16 μm for the venules decreases
the EV BOLD signal contribution of this vessel type significantly.
Furthermore, the oxygenation gradient in blood vessels and blood
volume variation along the vessel were also ignored.

Finally, the diffusion in the EV space was isotropic which, however,
is not exactly correct due to inhomogeneous cell-compartmentaliza-
tion of the tissue and the complications on water diffusion presented
by cell membranes are not accounted for. However, the diffusion
constants used for the simulations correspond to average diffusion
constants experimentally recorded where the impact from these
problems also exists. To our knowledge, the inhomogeneous structure,
and transmembrane exchange of water in the tissue were not taken
into account by any numerical simulations of the EV BOLD signal thus
far published. In addition, He and Yablonskiy (2007) have suggested
that two tissue compartments have to be included into the modeling
of the EV BOLD signal. Because both tissue compartments have been
suggested to have substantially different baseline relaxation values,
the impact of the second compartment is probably small for the
functional changes in the range of TE investigated.

The assumption was made that the amplitudes of the different
signal sources are additive. However, due to the magnetization
phase difference of tissue and blood vessels, the different signals
have to be summated in a vectorial fashion (Hoogenraad et al.,
2001). Note, though, that this assumption is also made in most of
the BOLD models (Buxton et al., 2004; Duong et al., 2003; van Zijl et
al., 1998). What is the impact of this simplification? For SE, the
impact of this effect on the total fMRI signal is probably low because
the static phase difference between blood and tissue is re-focused
by the 180° RF pulse. Therefore, only the small phase difference
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changes between tissue and blood following activation have to be
considered and can be assumed to be small. For GRE, the situation is
more complicated as no re-focusing RF pulse is used. Boxerman et
al. (1995a) have found that the phase difference does not play a
large role for the fMRI signal change at 1.5 T for GRE. However,
because the phase difference is proportional to the main magnetic
field strength, this might not be true at high field strengths. In a
random network, like the micro-vasculature, the impact of the
phase difference between blood and tissue will, for the most part,
average out. However, for a large vessel with a single orientation,
the phase difference will also be large. Because the IV signal
disappears at high field strength, therefore, we speculate that the
phase difference effect will not change the fMRI signal significantly
at high fields. Furthermore, very large pial vessels for which
magnetic field disturbances extend significantly into neighboring
voxels were not considered in the current study. In summary, based
on these arguments, the phase difference in tissue and veins
affecting local relaxation rate might play a role in MR phase images
but a small role in functional stimulation experiments depending on
the magnetic field strength, which, however, has to be tested and
incorporated in a refined model.

Finally, no inflow effects were considered in the illustrations
which, however, can easily be incorporated by changing the IV signal
contributions with values of ϕN1 (see Eq. (1)). Moreover, signal
relaxation during the read-out window has been neglected. This can
also easily be integrated using the equations given above and
incorporating an additional mono-exponential T2⁎-decay in k-space
during the read-time window. Essentially, this would result in GRE
weighting of the SE signal. Furthermore, scanning parameters
affecting the amplitude of S0, e.g. TR and flip angle, were not
considered. For short TR and differences in blood and tissue T1, the
modeling above has to be modified as the images will have a T1
weighting in addition to T2

(⁎)-weighting. Lastly, the current simula-
tions have ignored the consequences of the presence of CSF or white
matter in a given voxel. If the relaxation properties of these
contributions differ significantly from that of gray matter, especially
for CSF, partial voluming with these compartments will modify the
results. The impact of the differences in relaxation rates can be
determined by using intrinsic relaxation rates of CSF or white matter
instead that of gray matter (given in Eqs. (5–6)).

Conclusion

In summary, an integrative model of the BOLD signal up to 16.4 T
for GRE and SE is provided. For both IV and EV BOLD signals,
expressions for intrinsic relaxation rates and as a function blood
oxygenation and volume were derived from experimental and
computer simulation data. The model was illustrated using oxygena-
tion and volume values typical for micro- and macro-vasculature
derived from experimental data (Vovenko, 1999; Weber et al., 2008).
It was found that IV and EV signal contributions vary with field
strength, echo time, diffusion weighting and MRI sequence used, and
that these imaging parameters can be optimized to yield high micro-
vasculature weighting of the fMRI signal. The model presented in this
study can also be applied to determine the fMRI signal contributions
for GRE and SE in contrast agent experiments. Finally, due to the fact
that some MRI approaches are solely based on the EV signal
dependence on oxygenation, e.g. calibrated BOLD signal (Davis et al.,
1998) and vessel size imaging (Kiselev et al., 2005), thesemodels have
to be revised based on the model provided in this study.
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Glossary

GRE: Gradient-recalled echo
SE: Single-refocused spin echo
IV: Intravascular
EV: Extra-vascular
Δν: Susceptibility
S: MRI signal
R2: Relaxation rate
T2: Relaxation time
TE: Echo time
ϕ: Relative spin density
RF: Radiofrequency
Deoxy-Hb: Deoxygenated hemoglobin
Y: Oxygen saturation
CBV: Cerebral blood volume
CBF: Cerebral blood flow
Hct: Hematocrit
R: Radius
CNR: Contrast-to-Noise-Ratio
ODC: Ocular dominance column
OC: Orientation column
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