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1            Introduction 

 This chapter focuses on the ability of small-animal CT to provide information about 
molecular species and their spatial distribution in tissues. Over the past several 
decades radionuclide imaging methods have been the mainstay of in vivo molecular 
imaging by virtue of the variety of biologically active molecules that can be labeled 
with a radioactive marker. CT image data has been used to provide both attenuation 
correction of the SPECT and PET images as well as provide the anatomic localiza-
tion of the radionuclide accumulation. This important contribution of CT to molecu-
lar imaging is presented in those chapters directly addressing the radionuclide 
imaging approaches. Although, the presence of higher atomic weight atomic labels 
(e.g., iodine) of biologically active tracer molecules can be conveyed by conven-
tional X-ray attenuation-based imaging methods (in milli-molar concentrations as 
compared to pico-molar concentrations by radionuclide methods), molecular spe-
cies can be conveyed by non-attenuating aspects of X-ray interaction with matter by 
virtue of their molecular bonds that are characteristic of polymeric molecules. These 
non-attenuating X-ray imaging methods are now starting to emerge from the feasi-
bility demonstrations and hence will be explored in some depth in this chapter. 

 Micro-CT was fi rst developed in the early 1980s [ 1 – 3 ]. In the later 1980s bench- 
top micro-CT was greatly facilitated by the development of a cone beam reconstruc-
tion algorithm by Feldkamp et al. [ 4 ] because the bench-top systems use the X-ray 
cone-beam to magnify the X-ray image itself. 

 Figure  6.1  is a schematic of a typical small animal CT scanner. CT is a 3D X-ray 
imaging method that involves obtaining X-ray projection images at many angles of 
view around an axis through an object and then applying a tomographic reconstruction 
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algorithm to generate a stack of thin tomographic images of transaxial slices through 
the object. The transaxial images are made up of voxels (three- dimensional pixels).

   Utilization and availability of small-animal CT systems has increased markedly 
over the past decade. It has evolved from custom-made scanners (applied mostly to 
imaging small-animal bones and segments of larger animal bones) to commercially 
available scanners designed for in vivo imaging of skeletal and soft tissues. 
Numerous reviews of the development and applications of micro-CT have been 
published [ 6 – 9 ]. A number of commercially marketed micro-CT scanners are now 
available for in-vivo small animal imaging. Some performance characteristics of a 
selected set of available small-animal CT scanners are summarized in Table  6.1 . As 
this is a rapidly evolving market, this table is likely to be incomplete and in part 
obsolete in the not too distant future. Nonetheless, the message remains, in that the 
different functional characteristics of these scanners and the different imaging needs 
of the potential purchaser, will need to be carefully matched.

  Fig. 6.1    Schematic of a small-animal CT scanner system. The small animal is anesthetized and 
lies on an horizontal table. If the animal’s ECG and/or thoracic movement is monitored, then either 
prospective or retrospective gated scans and/or reconstructions can be performed by incremental 
recording/selection of the different angles of view required to generate transaxial CT images. The 
X-ray source and its opposite X-ray imaging array rotate about the cephalocaudal axis of the ani-
mal. Some scanners have dual X-ray source/detector arrays arranged at right angles to each other, 
which halves the scan time required. The animal table can be translated axially (i.e., at right angles 
to the plane described by the X-ray source trajectory) so that the length of the body scanned can be 
several times the length of animal exposed by the X-ray source [ 5 ]       
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   Similarly, because some scanners have a range of operational characteristics 
while others are more suitable for “turn-key” operation, an investigator will need to 
consider the positives and negatives of the operational fl exibility of a scanner. 

 The grey-scale of those voxels is proportional to the attenuation coeffi cient of the 
material at the spatial location depicted by the voxel. The voxel is usually of the 
order of approximately 50–100 μm on-a-side when intact small animals are 
scanned—perhaps more appropriately called  mini-CT  because its CT images are 
scaled so as to provide voxel resolution such that the number of voxels per organ are 
similar to that obtained in human CT images. This generally involves clinical level 
X-ray photon energy. However, as small animals have higher heart and respiratory 
rates than humans do, scanning of the thorax involves scans that provide incremen-
tal scan data acquired over a number of sequential heart and/or respiratory cycles, 
so-called gated scanning. To provide CT image signal-to-noise comparable to clini-
cal CT scanners the X-ray exposure of the animal or specimen should increase by 
an amount proportional to at least the inverse of the voxel volume [ 10 – 12 ]. As the 
radiation itself might affect the pathophysiology of interest in, for instance angio-
genesis or cancer [ 6 ] a voxel size less than (50 μm) 3  could result in excessive radia-
tion exposure in living animals if repeated scans are involved. 

 True  micro-CT , which has voxel resolution of the order of approximately 5–50 μm, 
is suitable for scanning isolated organs from small animals or tissue  biopsies from 
larger animals or indeed intact dead small animals. For isolated  specimens, for which 
higher resolution is often desired, the scanner generally operates at lower X-ray pho-
ton energy which is optimally matched to the diameter of the specimen [ 13 ]. 

 In recent years several bench-top  nano-CT  scanners with sub-micrometer voxel 
resolutions have been developed and are commercially available. These can provide 
3D images at cellular level of resolution, but scan only small volumes.  

2     Rationale for Use of Small-Animal CT 

 CT has been used primarily to provide 3D images of anatomic structures and func-
tion of those structures by virtue of motion of those structures and/or of dynamic 
distribution of contrast agent within the vascular tree. Traditional clinical CT and 

   Table 6.1    Commercially-available small-animal CT scanners   

 Scanner  Diameter (mm)  Length (mm)  Voxel (μm)  kVp 

 Gamma Medica X-O  93   97  17  75 
 GE eXplore CT120  85  275  25–100  70–120 
 GE eXplore Lotus  55  275  27–90  70–120 
 Imtek micro-CATII  54   80  15–27  0–130 
 LaTheta LCT-200  30–120  300  24–60  80 
 ScanCo vivaCT 40  20–38  145  10–38  50–70 
 ScanCo vivaCT 75  40–78  145  20–79  50–70 
 SkyScan 1076 in vivo  68  210  9–35  20–100 
 SkyScan 1178  82  210  80–160  20–65 
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small-animal CT approaches have rarely been used to generate images of the spatial 
distribution of specifi c molecules by virtue of the CT image data itself. The uses of 
small-animal CT in biology include the following. 

2.1     Phenotype Characterization by Anatomic Structures 
and Material Composition 

 Organ dimensions (e.g., dimensions of airways or volumes of lung, heart wall or 
chambers [ 14 ,  15 ]), bone mineralization [ 16 ,  17 ], micro-architecture of the cancel-
lous bone and cortical bone thickness [ 18 ], blood vessel lumen diameter and 
branching geometry [ 19 – 21 ], tumor size and impact on its surrounding tissues (e.g., 
bone erosion or compression of adjacent blood vessels). Such measurements would 
be seen to change in response to maturation and/or disease or due to exposure to 
various pharmacological agents, environmental conditions or radiation exposure. 
These dimensions and local CT grey-scales can be measured directly from the 3D 
CT image data and thereby represent the main application of small-animal CT 
imaging to date.  

2.2     Physiological Spaces and Their Contents 

 In addition to anatomic structures, especially entire organs, there are “macro-
scopic” physiological spaces such as the intravascular lumens, the lumens of ducts 
(e.g., renal tubules, ureters, bowel, bladder and bile ducts which tend to vary with 
time or pathophysiological conditions) or less well-defi ned microscopic spaces 
such as the extravascular space between the vessel endothelium and the parenchy-
mal cells. This space swells with edema or with deposition of pathological pro-
teins such as occurs in amyloidosis, or lipids such as occurs in atherosclerosis. 
These spaces can be detected and thereby delineated by use of contract agents 
which selectively accumulate (or avoid) those spaces. For the vascular tree iodin-
ated-molecule solutions are used and bile and renal ducts can be opacifi ed by vir-
tue of intravascular injection of contrast agents that are selectively taken up and 
excreted by the liver or kidney respectively. Very transient labelling of those 
spaces can still be scanned despite the relatively slow micro-CT scans if incremen-
tal scans acquired from repeated contrast injections [ 22 ], use of long-duration con-
trast agent concentration in the blood stream [ 9 ] or snap-freezing of the tissue of 
interest for subsequent cryo-static scanning [ 23 ], are used to acquire the needed 
scan data. The volume of these spaces can be computed from the increase in CT 
values of those spaces.  

E.L. Ritman



193

2.3     Tissue Perfusion, Drainage and Secretion: 
Molecular Transport 

 Tissue perfusion (F) can be estimated    from CT scans if they provide images at 
each heart cycle during the passage of a bolus of intravascular contrast agent [ 24 ]. 
Given the values of F and the extraction (e) of the contrast from the blood stream 
into the extra-vascular space, then the rate of infl ux or washout of the contrast 
agent from a physiological space can be used to estimate the transport into or out 
of that space from the Crone–Renkin relationship [ 25 ]: PS = −F·ln(1 − e), where P 
is the endothelial permeability and S is the surface area of the endothelial surface. 
The value of S can be estimated from the intravascular blood volume of the 
microcirculation.  

2.4     Need to Scan Entire Organ and Resolution 

 The volume that needs to be scanned is determined by several, sometimes confl ict-
ing, needs. Thus, we would need to scan an entire organ if we are looking for a 
focal lesion such as early cancer. On the other hand, at high voxel resolution it may 
technically not be possible to scan an entire organ at that resolution due to, for 
instance, limits on the X-ray detection system resolution and size. For estimation 
of organ volume, relatively large voxel sizes can be tolerated (e.g., a (2 cm) 3  heart 
needs approximately 4,000 voxels of (30 μm) 3  if better than a 1 % uncertainty is 
desired). However, if a 200 μm diameter basic functional units (i.e., BFU, the 
smallest accumulation of diverse cells that behave like the organ it is in, e.g., an 
hepatic lobule or a Haversian canal-centered osteome) is of interest, then voxel 
resolutions of better than (100 μm) 3  will be needed just to unambiguously detect it, 
but a (3 μm) 3  voxel would be needed if the volume of the BFU is to me estimated 
within 10 %.   

3     Types of Small-Animal CT Approaches 

 The above considerations apply to most current uses of small-animal CT. These 
applications can also provide some information about atomic content and therefore 
relate to molecular discrimination and quantitation at only an indirect level. There 
are, however, other aspects of X-ray/matter interaction that can be used to discrimi-
nate and quantitate atom concentration as well as some chemical bonds, i.e., a more 
direct aspect of molecular characteristics. 

6 Design Considerations of Small-Animal CT Systems



194

3.1     Attenuation-Based Scanning 

 This is the basis for the most common and most technically straightforward mode 
of CT scanning. The basic mechanism is the generation of a shadowgraph which is 
quantitated by measurement of the reduction in local X-ray intensity. By use of the 
Beer–Lambert law, I = I o ·e −μx , where I is the detected X-ray intensity at a detector 
pixel after passing through an object of thickness x, I o  is the incident X-ray intensity 
at the same pixel and μ is the attenuation coeffi cient of the specimen’s material. As 
shown in Fig.  6.2  the attenuation coeffi cient (expressed as “/cm” of matter tra-
versed) decreases exponentially with increasing X-ray photon energy up to an 
energy of up to approximately 50 keV due to the photo-electric effect (proportional 
to Z 3 /E 3 , where Z is the atomic number and E is the photon energy), beyond 
50 keV μ decreases slowly with photon energy due to the Compton effect (largely 
independent of Z).

   This image can be converted to a projection of the attenuation x thickness prod-
uct (i.e., the line integral) along the X-ray beam traversing the object. With multi- 
angular projection data this can be mathematically converted to the three-dimensional 
distribution of the local attenuation coeffi cient at the site of each voxel making up 
the 3D image data set [ 27 ]. The X-ray beam should be monochromatic if beam 
hardening is to be avoided. This is readily achievable with a synchrotron [ 28 ,  29 ] by 

  Fig. 6.2    Attenuation of X-rays passing through tissues differs depending on the tissue elemental 
content and the energy of the X-ray photons. In this example of a fi ltered 80 kVp source (effective 
54 keV) the difference between calcium and soft tissue is dramatic. If the calcium is diluted so that 
its attenuation is comparable to the soft tissue, then by generating images at two energies, e.g., 80 
and 50 keV, the Ca component will change more rapidly than the soft tissue, hence a subtraction of 
the two images will tend to leave a calcium signal but eliminate the tissue signal [ 26 ]       
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use of a diffraction crystal which can select those X-ray photons within a ±50 eV 
energy range. This can also be achieved in part by fi ltering the X-ray beam prior to 
it encountering the specimen. This generally involves use of a layer of aluminium 
which preferentially removes the lower energy photons, but if the K α  emission of the 
anode is to be used as the primary source (e.g., 17.5 keV for a Molybdenum anode), 
then a suitably matched fi lter with a Kedge absorption energy just greater than the 
K α  energy would also selectively reduce the photons with energy greater than the K α  
energy [ 30 ] (e.g., 18 keV for a zirconium fi lter). This approach is effective but 
for the bench-top X-ray source results in a greatly diminished X-ray fl ux and 
hence requires long scan periods which are generally incompatible with in vivo 
scanning. 

 Finally, the signal (i.e., the change in local contrast of the shadowgraph) in all 
attenuation-based imaging approaches involves local reduction of X-ray intensity, 
which is accompanied by a reduced signal-to-noise ratio due to the reduction in the 
number of photons impinging on each detector pixel. Noise in this context is the 
variation of signal in adjacent pixels that should have identical signals due to the 
line integral of the specimen along the X-ray beam illuminating each pixel being 
identical. For specimens higher contrast resolution can be achieved by use of lower 
energy photons. As shown in Fig.  6.3 , Spanne [ 31 ] showed that E has to increase 
with sample diameter (actually μx product) if noise is to be kept constant. Grodzins 
[ 13 ] showed that the optimal trade-off between signal and contrast resolution occurs 
when 10 % of the incident beam is transmitted. If the duration of the scan is impor-
tant (especially in living animals) then higher X-ray photon energy is used because 
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  Fig. 6.3    The optimal photon energy for the detection of a 1 % density difference in circular water 
phantoms as a function of the diameter of the phantom. The diameter of the contrasting detail is 
1/200 of the phantom diameter. Optimization criteria:  cross symbol , minimum absorbed dose at 
center of phantom;  fi lled square , minimum number of incident photons [ 31 ]       
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of the higher signal (due to less attenuation). However, this is at the “cost” of lower 
“density” resolution.

   This image can be converted to a projection of the attenuation x thickness prod-
uct (i.e., the line integral) along the X-ray beam traversing the object. With multi- 
angular projection data this can be mathematically converted to the three-dimensional 
distribution of the local attenuation coeffi cient at the site of each voxel making up 
the 3D image data set [ 27 ]. The X-ray beam should be monochromatic if beam 
hardening is to be avoided. This is readily achievable with a synchrotron [ 28 ,  29 ] by 
use of a diffraction crystal which can select those X-ray photons within a ±50 eV 
energy range. This can also be achieved in part by fi ltering the X-ray beam prior to 
it encountering the specimen. This generally involves use of a layer of aluminium 
which preferentially removes the lower energy photons, but if the K α  emission of 
the anode is to be used as the primary source (e.g., 17.5 keV for a Molybdenum 
anode), then a suitably matched fi lter with a Kedge absorption energy just greater 
than the K α  energy would also selectively reduce the photons with energy greater 
than the K α  energy [ 30 ] (e.g., 18 keV for a zirconium fi lter). This approach is effec-
tive but for the bench-top X-ray source results in a greatly diminished X-ray fl ux 
and hence requires long scan periods which are generally incompatible with in vivo 
scanning. 

 The absolute value and rate of decrease of attenuation coeffi cient differs depend-
ing on the element and the density of the material. Thus, the attenuation value of 
muscle tissue decreases 765-fold from 1 to 10 keV but only 31-fold from 10 to 
100 keV whereas blood decreases 690 and 32-fold over the same ranges of photon 
energies. Subtracting the image obtained at a low from that obtained at higher pho-
ton energy would differentiate blood and muscle tissue better than their attenuation 
coeffi cient alone would at any one photon energy. 

 At 10 keV tissues of different density (e.g., fat, muscle and bone) show consider-
able differences in attenuation coeffi cients (3.1, 5.6 and 54/cm respectively) and 
hence can be distinguished from each other by their attenuation coeffi cient alone. 

 The attenuation coeffi cient can change dramatically at the so-called Kedge. As 
illustrated in Fig.  6.4  for iodine the attenuation coeffi cient increases from 6.55/cm 
to 35.8/cm when the photon energy increases by a mere electron volt at 33.1694 keV. 
Certain biologically relevant elements (such as iodine which occurs naturally in the 
thyroid gland or when purposely bound chemically to biological molecules of inter-
est) can be identifi ed and quantitated by subtracting images generated at a photon 
energy just below and just above the Kedge transition voltage. Unfortunately none 
of the common elements that occur naturally in the tissues of the body (e.g., Na, K, 
Ca, P etc.) have Kedges at suffi ciently high keV photon energy that can be used for 
imaging of even isolated mouse organs, much less intact mice.

   This is because at these very low photon energies (i.e., <10 keV) the attenuation 
of the X-ray is so large (i.e., only 0.5 % of photons pass through 1 cm of water—the 
thickness of a mouse abdomen) that useful images cannot be generated at accept-
able radiation exposure levels. 

 This methodology generally involves use of either two energies of monochro-
matic photon radiation with narrow spectral bandwidth that “straddle” the Kedge 
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energy of the atom of interest or an energy selective X-ray detection system used 
with broad spectrum X-ray exposure. Narrowing of the spectral bandwidth (i.e., 
range of X-ray photon energy) down to levels of 50 eV can be achieved by use of a 
diffraction crystal at a synchrotron because even with this great restriction of X-ray 
fl ux there is still adequate X-ray fl ux to allow rapid imaging (Fig.  6.5 ).
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  Fig. 6.4    Attenuation of X-ray, normalized for gravimetric density, by iodine decreases with 
increasing energy, but at approximately 5 and 33 keV there are step changes in attenuation. These 
are the so-called Ledge and Kedge of Iodine which correspond to the energy of the electrons in the 
L and K shells of the iodine atom. Water (the main component of living tissues) has those discon-
tinuities due to the hydrogen and oxygen at 16 and 500 eV respectively, well below the X-ray 
photon energies used in small-animal-CT. Subtraction of two X-ray images involving X-ray pho-
ton energies at 32 and 34 keV would show a large difference in iodine signal but a relatively small 
change in the water signal—resulting in an essentially iodine-only image. Micromolar (15 μg/cm 3 ) 
concentrations of iodine can be detected by this method [ 32 ]       

  Fig. 6.5    A dual energy 
subtraction CT image of a 
rabbit lung obtained during 
inhalation of xenon gas 
(Kedge 34.56 keV). Note, the 
bright left and right bronchi 
and the less bright 
parenchymal signal of the 
xenon in the alveoli [ 33 ]       
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   With conventional X-ray sources which produce broad spectrum bremsstrahlung 
suitable selection of the anode material for its characteristic K α  emission of the 
material, combined with a thin metal foil fi lter which has an absorption K edge just 
above the K α  photon energy, the spectral bandwidth can be reduced to 30 % or less. 
If an energy discriminating detector is used then those photons with energies of 
interest can be selected from the X-ray image data [ 34 – 38 ]. 

 Recently detector arrays with 55 μm 2  pixels, energy discrimination and photon 
counting (up to 8,000 photons/s per pixel) have become available [ 34 ] for energies 
up to 18 keV (silicon-based array), 50 keV (GaAs array) and 75 keV (CdTe array) 
at 50 % detector effi ciency (Fig.  6.6 ).

3.2        Fluorescence-Based Scanning 

 As shown in Fig.  6.7 , elements that are irradiated with X-rays also fl uoresce with 
X-ray photons that have an energy that is characteristic of that element. This 
 so- called K α  emission also has low energy for most biological elements (e.g., Na 
1 keV, P 2 keV, K 3.3 keV). However, by exposing a specimen to X-rays with 
 photon energies higher than the K α  energy of the element of interest, chemically 
surrogate elements (e.g., Rb, a surrogate for potassium, has a K α  of 13.4 keV and Sr, 
a surrogate for Ca, has a K α  of 14 keV) or elements that can be used to label 

  Fig. 6.6     Left panel : A CT image of a transaxial cross section of a mouse thorax. The bronchial 
tree had barium sulphate infused and the pulmonary artery had an iodine-based contrast injected. 
These different materials and the skeletal features cannot be distinguished unambiguously on the 
basis of their CT grey-scale values.  Right panel : The use of Principal Component Analysis by 
virtue of the ability to extract the different X-ray photon energy components from the bremsstrah-
lung X-ray exposure allowed identifi cation and quantitation of the three elements by virtue of their 
different attenuation-to-photon energy relationships—as illustrated in the  upper panel  [ 34 ,  35 ]       
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 molecules or particles of interest (e.g., with Iodine which has a K α  = 28.5 keV). 
This approach is particularly useful for detection of heavy metal contamination 
such as lead deposited in bone.

   This approach can have several source/detector confi gurations, but as illustrated 
in Fig.  6.8 , all detect the fl uorescent X-rays at an angle to the illuminating beam. 
Thus, the regular transmission image can also be recorded during this scan.

   If the fl uorescence detector is suffi ciently far from the object, then it will detect 
a line integral of emissions along each transilluminating pencil beam. If a colli-
mated detector is used then each point along the transilluminated beam can have its 
emissions quantitated. This is straightforward if just a pencil beam is used because 
then the emissions are coming from a known location in the specimen. The only 
correction that has to be made is for the attenuation of the illuminating beam as it 
proceeds to the voxel of interest within the object and of the fl uorescent emissions 
as they exit the specimen from that voxel. This can be done by use of the 3D attenu-
ation map generated with the regular attenuation-based scan. To generate a 3D 
image would require scanning the X-ray beam transaxially relative to the object, 
which would require long scan durations. If, however, the specimen is illuminated 
with a thin, planar X-ray beam, along with a Suitable 2D collimator, then an axial 
plane of the specimen is illuminated, thereby speeding up the 3D scan process. 

 If the entire specimen is illuminated by, for instance, a cone beam of X-ray and 
observed with a multi-hole collimator, then each detector pixel records a line 
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  Fig. 6.7     Left panel : X-ray photon energy spectrum in scattered radiation measured at an angle to 
an illuminating X-ray pencil beam passing through an iodine solution. Thomson scatter is coherent 
and occurs at angles generally less than 15°. The energy is identical to the illuminating, 37 keV, 
X-ray beam. This defl ection is used to generate a CT image of the location and concentration of a 
specifi c molecule. Compton scatter is predominant and its photon energy and intensity change with 
angle (0–180°) from the illuminating beam. The K α  and K β  peaks are the characteristic fl uores-
cence of iodine. The intensity falls off with increasing angle to the illuminating X-ray beam. When 
the X-ray intensity at these peaks is used to generate a CT image, it is an image of the location and 
concentration of the element with that characteristic emission spectrum [ 39 ].  Right panel  shows 
the linear relationship between the fl uorescent counts and the concentration of iodine. Note that in 
attenuation-based CT the detectable concentrations are in the milli-molar range (10 mg/cm 3 ) rather 
than the micro-molar range (60 μg/cm 3 ) possible with fl uorescence CT [ 40 ]       
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integral of fl uorescence emissions, which would require multi-angular data, just as 
in a regular CT scan, to unravel the line integrals. 

 The fl uorescent radiation is preferentially in the “forward” 2π steradians. This 
means that multiple detectors could be arranged around the transmission detector so 
as to decrease the duration of the scan because of the increased number of photons 
emitted at each point in the specimen being detected. Use of an energy discriminat-
ing detector system is needed to separate the Compton scatter from the fl uorescent 
emissions.  

3.3     Scatter-Based Scanning 

 Coherent scatter is a function of charge distribution within the scattering medium. 
As material with highly periodic charge distribution will scatter into well defi ned 
angles (so-called Bragg angles), various factors will tend to blur this discrete inter-
ference effect. Incoherent scatter can be separated from the coherent scatter by 
 virtue of the fact that incoherent (i.e., Compton) scatter is diminished over the range 
of angles of importance for coherent scatter. Coherent scatter of X-rays which has 
the same photon energy as the illuminating X-ray and incoherent X-ray that has less 
energy than the illuminating beam. Figure  6.9  shows that these two scattering 
mechanisms distribute their photons over different solid angles relative to the illu-
minating beam.

  Fig. 6.8    Schematic of system for fl uorescent X-ray tomographic imaging.  Left panel : Involves 
trans-illuminating the specimen with a pencil beam of X-ray with narrow spectral bandwidth so 
that the lower photon energy K α  can be discriminated from the scattered X-ray. In order to generate 
the set of line-integral data needed for Radon-based tomographic reconstruction, this X-ray beam 
has to be translated across the specimen and this is repeated at each angle of rotation of the speci-
men about its axis. This is a very laborious process generally incompatible with live-animal 
 scanning.  Right panel : Involves a collimator which records the fl uorescence from each location 
along the beam traversing the specimen so now no rotation of the specimen is needed to complete 
the scan of a single cross section. Indeed, a plane (oriented at right angles to the plane of the fi gure) 
is exposed then with a 2D collimator a volume can then be scanned in single rotation [ 41 ]       
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   The scanner arrangement and subsequent processing of the detected signals is 
very similar to that of the fl uorescence approach. The angular distribution of the 
coherent X-ray scatter is characteristic for different materials, especially for poly-
meric molecules such as collagen by virtue of the repetitive nature of the chemical 
bonds which have lengths of the order of an X-ray wavelength. 

 As illustrated in Fig.  6.10 , the angle-dependant pattern of coherent X-ray scatter 
is characteristic for the material being illuminated. This pattern is called the momen-
tum transfer curve (q).

   It is generally generated by observing the scatter over a range of angles θ. Use of 
an energy-discriminating detector system can be used to reduce (or even eliminate) 
the need for multiple angles of view because q = (1/λ)sin(θ/2) where λ is the X-ray 
photon wavelength and θ is the angle between the illuminating X-ray beam and the 
scatter direction can also be represented by q = (E/12.3)sin (θ/2) where θ is fi xed and 
the range in photon energy E (keV) is provided by the breakdown of the broad X-ray 
spectrum into a number of energy “bins”. The energy discrimination could also help 
separate the Compton scatter from the coherent scatter. 

 This characteristic curve can be used to identify the material. Molecules with 
strings of repetitive chemical bonds include proteins (e.g., collagen) and synthetic 
materials such as often used in prosthetic devices made of synthetic polymer-based 
materials. The wavelength of the K α  X-ray emission of tungsten is 20 pm and of 
molybdenum is 71 pm, hence it is repetitive structures such as chemical bonds (e.g., 
C–C 154 pm, C–H 109 pm) that produce strong coherent scatter patterns. As shown 
in Fig.  6.11 , collagen or protein, which contain strings of repetitive chemical bonds, 

  Fig. 6.9    Two mechanisms of X-ray scattering—coherent scatter has photon energy equal to that 
of the illuminating beam and is limited to approximately 0–15° from the illuminating beam, the 
actual angular distribution being dependant on the illuminating photon energy and the chemical 
bonds in the material. Incoherent (Compton) scatter has photon energy less than that of the illumi-
nating beam. Its angular distribution is essentially constant over all but the acute and obtuse angles 
relative to the illuminating beam [ 42 ]       
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differ distinctly in their scattering characteristics. Attenuation coeffi cients differ by 
a ratio of 0.02 of clinical kVp levels [ 44 ].

   Different collagen types differ in their X-ray scattering characteristics such as 
occurs when the collagen is malformed in cancerous tissues, can be detected [ 46 ]. 
This is perhaps the most promising aspect of X-ray imaging with respect to the 
ability to detect and discriminate a variety of molecules directly with X-ray imag-
ing. At this stage imaging of coherent X-ray scatter has been demonstrated only in 
test phantoms and isolated tissue specimens. Thus, the peak coherent scattering 
intensity for tendon was found to be approximately at a momentum transfer value 
of 10 Å −1  whereas skeletal muscle had a value of 17 Å −1  [ 45 ]. Unfortunately, due 

  Fig. 6.11    Two momentum 
transfer curves—one from 
muscle and one from tendon. 
The greater collagen content 
of the tendon shifts the peak 
of the curve to the left (by a 
ratio of 0.47) and thus allows 
discrimination of muscle 
from tendon more readily 
than is possible by 
conventional coeffi cients of 
tendon and muscle [ 45 ]       
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  Fig. 6.10    X-ray scatter curves (more generally expressed as momentum transfer curves in which 
the X-ray wavelength is also accounted for) recorded from water, glycerol and oil which were 
illuminated by a pencil beam of 17.5 keV X-rays. Even though these curves were not corrected for 
the Compton scatter contribution, the different curves clearly allow discrimination of glycerol and 
oil which have very similar attenuation coeffi cients [ 43 ]       
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to the low signal-to-noise of this imaging approach at the radiation levels tolerable 
in living animals, scatter-based CT is probably practical only when the accumula-
tion of the molecules of interest are locally widespread (so that large voxels can be 
used to increase signal-to-noise) and concentrated. These conditions are most 
likely to be achieved with pathological accumulations of proteins such as in amy-
loid disease and when applied to imaging prosthetic device materials (especially 
when the μ of the prosthetic material is close to the μ of the surrounding tissues) in 
living small animals.  

3.4     Phase Contrast Scanning 

 X-rays, like light, are refracted by matter, resulting in slight deviations of the X-ray 
beam from its initial straight-line trajectory. However, the refractive index of X-ray 
in water is very small, 7.4 × 10 −7  [ 46 ]. Nonetheless, as shown in Fig.  6.12 , the phase- 
shift component (δ) of the refractive index is orders of magnitude greater than the 
attenuation component (β) of the compound refractive index n: n = 1 − δ − i·β, where 
i = √−1. At 17.5 keV there is a 180° phase shift caused by 50 μm of tissue whereas 
the change in attenuation caused by 50 μm water is only 0.25 %.

   The defl ection of the X-ray results from a shift in the phase of the X-ray, which 
in turn is the result of the X-ray’s interaction with the molecular structure of the 

  Fig. 6.12    Atomic X-ray phase shift (ρ) and absorption (μ) of 24 keV X-ray as a function of atomic 
number. The X-ray refractive index of matter n = 1 − δ − i·β, where δ is the phase shift related com-
ponent and β the attenuation related component. The step-change in the absorption curve corre-
sponds to the Kedge effect. Note that the ρ value is orders of magnitude higher than the μ value at 
any one atomic number, indicating that either the X-ray refractive properties of matter can either 
be exploited to provide higher contrast resolution or reduced radiation exposure [ 47 ]       
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material. Phase shift cannot be measured directly with imaging systems because the 
frequency of approximately 10 18 /s is much too fast. However, phase shift can be 
detected much more readily by virtue of interference patterns that can be generated 
by several means. This can be achieved by four methods as illustrated in Fig.  6.13  
The fi rst demonstration of this approach involved use of a parallel beam of narrow 
bandwidth monochromatic X-ray that is split into a reference beam which bypasses 
the specimen so that the interference pattern generated by mixing the reference 
beam and the beam passing through the specimen can be used to generate a map of 
the line integrals of phase shift at each angle of view.

  Fig. 6.13    Four methods of using the very slight deviation of X-ray due to change in refractive 
index of material along the path of an X-ray beam. This effect can also be detected quantitatively 
by virtue of the phase shift of the X-ray.  Left upper panel  shows how the slight deviation of the 
X-ray can be used by inverting the image data obtained in many views around the object [ 48 ]. This 
method involves placing the detector array at increasing distance away from the X-ray source. The 
change in local image brightness distribution can then be used to deduce the refraction at each 
location in the transmitted X-ray image.  Right upper panel  shows how use of the interference 
between the phase of a reference beam and the beam transmitted (and phase shifted) by an object 
can be used to generate a moiré pattern that can be “unravelled” to provide the local phase shift in 
the transmitted beam [ 49 ].  Right lower panel  shows how a silicon crystal diffractometer can be 
used to directly measure the small angular defl ection of individual X-ray beams by rocking the 
crystal [ 50 ].  Left lower panel  shows how gratings can be used to generate “coded” X-ray images 
such that the distortion of that coded image by the phase shift can then be used to estimate the local 
refraction [ 51 ]       
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   This method is very effective but would be technically very diffi cult to scale up 
for intact animals or large tissue specimens. Another method involves using a 
Bragg diffraction crystal which is used to differentiate the very slight angle between 
the refracted and transmitted X-ray beam. This also requires a parallel beam of 
very narrow bandwidth X-rays and involves rotating (rocking) the analyzer crystal 
over a range of angles to generate the multiple images of X-ray intensities at each 
angle of view about the specimen and for each pixel at that angle of view around 
the specimen. 

 The most practical method, and the method that most readily can accommodate 
a broad spectrum, non-parallel X-ray beam, involves use of multiple venetian 
blind- like gratings (for instance consisting of micrometer wide layers of gold on 
silicon) placed between the source and specimen (to convert the full area beam into 
a series of parallel linear sources) and between the specimen and the detector array 
(to analyze the transmitted X-ray image). The slight defl ection of the X-rays due to 
the refraction in the specimen can be quantitatively detected by moving the ana-
lyzer grating across the image in steps that are fractions of the interval between 
adjacent slats in the source grid, much like the function of a vernier micrometer 
[ 52 – 58 ]. Figure  6.14  is an example of the high contrast that is achievable with this 
methodology [ 59 ].

   The phase shift can be shown to be proportional to mass density for most biologi-
cal materials, except when there is a high proportion of hydrogen present which has 
almost double the effect on phase due to its unique electron charge to Z ratio.   

  Fig. 6.14    Phase-contrast X-ray CT image of rat kidney obtained at 35 keV. Whole structures of 
renal cortex, medulla and pelvis were observed [ 59 ]       
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4     Technical Issues 

 If the X-ray source/detector system is stationary (which is always true if the X-ray 
source is a synchrotron) and the specimen is rotated, then this has the advantage that 
the heavy components of the scanner can be rigidly and accurately positioned with 
great precision. This works very well for in vitro specimens, but this generally 
involves use of a vertical rotation of the specimen (rather than horizontal) as this 
minimizes the gravity-induced movement or distortion of the specimen, relative to 
its axis of rotation. The living animal and its contents cannot be secured suffi ciently 
rigidly to prevent motion as it rotates about a horizontal axis. While rotation of a 
living animal about a vertical axis minimizes this problem, maintenance of a verti-
cal position over an extended period of time is not physiological for larger quadru-
peds and may interfere with cardiopulmonary function, although it is generally 
acceptable for small rodents. 

 Rotation of the X-ray source/detector system about a horizontal axis ensures that 
the animal is in its physiological horizontal position, and thus it will not distort with 
angle of view. A technical requirement for this arrangement is that the generally 
heavy source/detector components have to rotate so that deviation from the ideal 
trajectory about the axis of rotation is smaller than the detector pixel size. 

 The duration of a complete scan depends on the X-ray fl ux that can be generated 
by the X-ray source as this governs the duration required to generate a projection 
image of suffi cient quality (i.e., signal-to-noise and motion blurring) to be used for 
tomographic imaging and to a lesser extent the speed with which the necessary 
X-ray detection information can be recorded and transferred to an off-scanner mem-
ory. These factors vary greatly depending on the specifi c X-ray modality used to 
generate the tomographic image data. 

 If a synchrotron is used to generate the X-ray, then this very brilliant source can 
be used to generate a very narrow bandwidth monochromatic X-ray beam [ 60 ]. 
State-of-the-art synchrotrons can generate monochromatic X-ray beams of up to 
100 keV photon energy. This beam can be suffi ciently intense that the main factor 
in the duration of the scan is the time required for image recording and transfer to a 
memory. The method is also limited in the width and height of the fi eld-of-view that 
is exposed by X-ray. If a bench-top roentgen X-ray source is used then the diver-
gence of the X-ray beam can be used to expose a large fi eld-of-view. However, use 
of a point-source X-ray the cone-beam geometry introduces some mathematical 
complications which may limit the resolution of the tomographic images at the 
upper and lower axial extents of the specimen. This effect is largely overcome by 
combining a translation with the rotation trajectory, most commonly achieved by 
either a “step and shoot”, in which the animal is advanced one axial fi eld-of-view 
length after completing each sequential scan. The helical CT scanning mode, in 
which the specimen is translated along the axis of rotation during the scan, allows 
coverage over a long axial extent but this reduces the temporal resolution of the 
tomographic image data set.  
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5     Radiation Exposure 

 X-ray exposure results in direct disruption of chemical bonds and generates super 
radicals which in turn damage near by molecules, the DNA being of particular con-
cern as this affects cell reproduction and its control [ 11 ,  61 – 63 ]. The number of 
photons absorbed in a voxel determines the noise in the CT image (i.e., the variation 
in grey scale from voxel-to-voxel differs even though they represent the same mate-
rial). For a given exposure of the subject the number of photons interacting within a 
voxel decreases in direct relationship with the voxel volume. This, combined with 
some other consequences of the scanning process, results in the radiation exposure 
to the subject having to increase with the fourth power of the voxel side dimension 
if the noise per voxel is to remain unchanged [ 10 ]. Consequently, the higher the 
spatial resolution the higher the radiation exposure. The LD50/30 dose (following 
which 50 % animals die within 30 days) for small animals is somewhat less than 
eight Grey. A scan generating (65 μm) 3  voxels would involve fi ve Grey exposure 
[ 63 ], tolerable in a terminal study, but not in the fi rst of several sequential scans of 
the same animal in a longitudinal study.  

6     Conclusions 

 Molecular structure, in terms of elemental components (either as part of the mole-
cule or as a synthetically labeled molecule) and certain chemical bonds (especially 
if they repeat along the length of long molecules) can be detected and somewhat 
characterized by X-ray micro-CT imaging methods. Conventional, attenuation- 
based, micro-CT often plays an integral part of non-attenuation-based micro-CT, 
because it provides the high spatial resolution confi nes of organs and physiological 
spaces in which molecules of interest tend to be confi ned, excluded or washout from 
and it provides the spatial distribution of X-ray attenuation that is needed to correct 
the non-attenuation-based micro-CT image data for attenuation of the X-ray used 
for image generation using the non-attenuation aspect. 

 Although the attenuation aspect and the other modalities can readily be individu-
ally integrated into a single micro-CT scanner, so that time is saved and more 
importantly that registration of the two different images is greatly facilitated, no one 
micro-CT combination is likely to meet all needs. 

 A major strength of small-animal-CT is that it provides clinically relevant image 
information of pathophysiology, both at scale-equivalent of clinical CT scan resolu-
tion. Micro-CT can provide image data at resolutions much higher than achievable 
with clinical scanners so that deeper insights into pathophysiological processes can 
be expected. Another strength of small-animal-CT is that it provides a test-bed for 
development and evaluation of novel, clinically applicable, X-ray imaging approaches.     
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